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Referat: 
 A novel non-invasive imaging method of unique k-space trajectory named “3D center-
out EPI with cylindrical encoding” was developed and implemented for fast imaging of the 
human brain. The method based on a variant of 3D hybrid EPI combines advantages of the 
Cartesian and the radial encoding to achieve ultra-short echo time independent of spatial 
resolution and reasonably short echo train length yielding a quality image of high signal-to-
noise ratio. Unlike rectilinear sampling, the method offers not only less motion and flow 
artifacts but enables also the undersampling capability. As a result, the method improves 
temporal resolution by shortening the measurement time. Nonetheless, artifacts induced from 
long-term drifts of the magnetic field as well as geometrical distortions caused by B0 
inhomogeneity were removed with the average phase of the k-space center lines and an 
additional field map scan. Compared to other cylindrical k-space trajectories based on echo-
planar imaging, which lead to progressively increasing echo time upon increasing the spatial 
resolution, the proposed method offers more benefits. As a significant application, imaging 
readout of the novel technique was applied to true 3D cine imaging which was later used in 
the combination of pseudo-continuous arterial spin labeling module in order to track a short 
arterial spin labeling (ASL) bolus of well-defined length along the fast passage through the 
large vessel compartment of the brain. Parametric maps of ASL signal change, estimated 
time-to-peak and ASL bolus width were extracted in order to characterize the macrovascular 
compartments of the brain-feeding arteries. Consequently, bolus dispersion within a single 
arterial branch was also assessed.      
1 Seitenzahl insgesamt 
2 Zahlen der im Literaturverzeichnis ausgewiesenen Literaturangaben 
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Abbreviations and mathematical symbols 
 
2D = Two dimensional 
3D = Three dimensional 
ACA = Anterior cerebral artery  
ASL = Arterial spin labeling   
btASL = Bolus tracking arterial spin labeling     
CASL = Continuous arterial spin labeling     
CBF = Cerebral blood flow 
coEPI = center-out echo planar imaging 
CV = Coefficient of variation 
DCF = Density compensation function  
DEFT = Driven equilibrium Fourier transform 
DEPICTING = Double-shot echo planar imaging with center-out trajectories and intrinsic      
navigation 
DSC = Dynamic susceptibility contrast 
DWI = Diffusion-weighted imaging  
EPI = Echo planar imaging 
FFT = Fast Fourier transform 
FOV = Field of view 
FWHM = Full width at half maximum 
IFT = Inverse Fourier transform 
MCA = Medial cerebral artery 
MRI = Magnetic resonance imaging 
MT = Magnetization transfer 
NMR = Nuclear magnetic resonance 
NUFFT = Non-uniform fast Fourier transform  
PA = Projection acquisition 
PASL = Pulsed arterial spin labeling     
PCA = Posterior cerebral artery    
pCASL = pseudo-continuous arterial spin labeling  
PSF = Point spread function  
RF = Radio frequency 
ROI = Region of interest 
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Abbreviations and mathematical symbols 
    
 
SNR = Signal-to-noise ratio 
TTP = Time to peak 
𝐵𝐵0 = Static external magnetic field 
𝐸𝐸1= Longitudinal relaxation factor 
𝛥𝛥𝐸𝐸 = Energy difference between two states of spins 
h(ts) = Gamma variate function  
ℎ�(𝑡𝑡𝑠𝑠) = Gamma variate function as applied to negative signal changes 
Gblip = Phase-blip gradient 
Gx, Gy, Gz = Magnetic field gradient along read, phase and slice encoding direction, 
respectively 
kmax = Maximum k-space arm  
kx, ky, kz = K-space coordinate along read, phase and slice encoding direction, respectively  
Δk = Cartesian spacing samples  
Δkrs = Radial sampling interval  
Nacq = Number of acquisitions of identical segments   
Nrs, Ny, Nro = Number of radial steps, phase encoding lines and readout, respectively 
Nseg = Number of segments 
Nspokes = Number of spokes 
Smax = Maximum signal intensity 
Smin = minimum signal intensity 
∆𝑆𝑆 = Signal amplitude 
T1 = Longitudinal relaxation time 
T2 = Transverse relaxation time 
𝑇𝑇2
∗ = Effective transverse relaxation time 
TE = Echo time 
TR = Repetition time 
Tacq = Acquisition time 
Tes = Echo spacing 
Tseg = Acquisition time for a single segment 
𝑡𝑡0  = Arrival time parameter of gamma variate function 
∆𝑡𝑡1/2  = FWHM of the gamma variate function 
𝑡𝑡𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝   = Time at which the gamma variate function is at maximum 
∆𝑡𝑡𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝   = Time to peak from the center of the bolus at the labeling plane 
3 
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𝑡𝑡𝑠𝑠   = Dimensionless argument of the gamma variate function obtained by shifting and scaling 
of t  
α = Flip angle of RF pulse 
γ = Gyromagnetic ratio   
σ = Shape parameter of the gamma variate function 
τ = Duration of the pCASL module (i.e., ideal bolus width) 
θ = Spoke angle 
∆𝑧𝑧 = Slice thickness 
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1. Introduction 
 
A broadly diversified magnetic resonance imaging (MRI) modality based on nuclear 
magnetic resonance (NMR) theory is different from other imaging techniques (e.g., x-ray, 
computed tomography, ultrasound, etc.) and avoids the use of ionizing radiation. Especially, 
high resolved good quality images of soft tissue anatomy are acquired from the modern 
magnetic resonance (MR) scanner in these days. MRI is noninvasively used for broad 
biomedical and scientific applications to diagnose human body from head to feet. Some few 
examples of the advanced imaging carried out in an MRI system are anatomical imaging, 
functional imaging, diffusion imaging, angiography, spectroscopic imaging, hyperpolarized 
noble gas imaging, etc. Some nuclei which are commonly used in MRI are 1H, 2H, 31P, 13C, 
19F, 23Na and 14N. It is noted that many other isotopes also possess a finite nuclear spin and 
are thus suitable for NMR. Due to abundance of water molecules in the human body, 
hydrogen nuclei are mostly targeted in NMR imaging. MRI is mainly based on the interaction 
of the nuclear magnetization with a radiofrequency (RF) magnetic field and the induction of a 
voltage in a receive coil. 
 
A general introduction to the thesis with its goals is succinctly introduced here. This 
thesis covers basic principles of MRI modality in addition to the extensive explanations of the 
fast three dimensional (3D) imaging method called “3D center-out echo planar imaging with 
cylindrical trajectories (3D coEPI)” that is a hybrid 3D echo planar imaging (EPI) with 
center-out trajectories. Motivation to the proposed imaging method is an ultra-short echo time 
(TE) almost independent of the acquisition matrix offered by the double-shot Echo-Planar 
Imaging with Center-out Trajectories and Intrinsic NaviGation (DEPICTING) technique 
(Hetzer et al. 2011). The k-space data in two dimensional (2D) DEPICTING are sampled by 
two independent center-out trajectories with opposite polarity of phase-blip gradients. Due to 
minimum delay of less than 3 ms between two excitations, temporal efficiency similar to the 
conventional single-shot EPI is achieved. The main benefits of DEPICTING are to achieve 
high resolved images with increased signal-to-noise-ratio (SNR), better point spread function 
(PSF) and less susceptibility to physiological noise. In order to utilize such significant 
advantages of 2D DEPICTING, the DEPICTING readout was further applied to diffusion-
weighting imaging (DWI) using driven equilibrium Fourier transform (DEFT)  (Becker et al. 
1969) and Stejskal-Tanner (Stejskal and Tanner 1965) as diffusion preparation modules.  
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More importantly, 3D coEPI with a novel k-space trajectory was developed as a variant 
of 3D DEPICTING in order to adapt same features of DEPICTING. 3D coEPI was 
implemented by rotating phase-blip gradients with exclusion of phase-prephaser gradient in 
kx and ky of k-space trajectory, keeping constant read prephaser and readout gradients of the 
reversed polarity in kz direction. In this way, the proposed imaging readout samples a 
cylindrical volume in 3D k-space with a pile of 2D radial acquisitions in kxky-plane while 
Fourier sampling in kz-axis. The 3D coEPI method based on multiple center-out acquisitions 
of cylindrical trajectories offers ultra-short TE almost independent of matrix size and thereby 
combines the features of DEPICTING and radial encoding. In radially-encoded imaging, 
each radial view or spoke samples the equal amounts of low and high spatial frequencies 
which lead to undersampling properties (Block et al. 2007). Hence, the method being feasible 
to undersampling capability shortens the measurement time and importantly minifies the k-
space raw data size with still acceptable image quality. However, there will be minimum 
signal loss due to less sampled data by the undersampling factor of 2 to 3. Spokes are 
measured under steady-state conditions whether in a linear, segmented or random sampling 
order. The comparable k-space energy of subsets of spokes enables motion correction of 
single segments of radial MRI data and a successful implementation of time-resolved MRI by 
sliding-window reconstructions (Jonathan et al. 2014, Vaillant et al. 2014, Rasche et al. 
1995). 
 
In 3D coEPI, the central line of k-space is recorded with each spoke in an identical 
manner as it is done in DEPICTING for both tiles of the 2D k-space. During image 
reconstruction, all measured spokes can be corrected for phase and intensity discontinuities as 
well as drifts of the main magnetic field. DEPICTING method has a drawback of typical 
double contours presence especially in the off-resonance regions due to the application of 
phase blip gradients of opposite polarity, and such artifact was removed by using the 
information of an additional 2D field map scan (Hetzer et al. 2011). As the similar effects 
were also expected in 3D coEPI, ring-like contours over the off-resonance regions due to the 
rotating phase blip gradients were corrected with the information of an additional 3D field 
map scan. In addition, long-term drifts of the magnetic field were also removed with the 
average phase of the k-space center lines (Durand et al. 2001). 
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In order to emphasize some significant advantages of 3D coEPI, this method is 
compared to a cylindrical 3D echo planar imaging based on the prolonged echo time with 
respect to the increased spatial resolution. In contrast to 3D coEPI, the compared method 
which was recently introduced as cylindrical 3D EPI (McNab et al. 2010, Jonathan et al. 
2014), was implemented by rotating read prephaser and bipolar readout gradients in kxky-
plane and by placing constant phase-blip gradients followed by a phase-prephase gradient in 
kz-axis. In terms of signal gain and image quality, the cylindrical 3D EPI suffers more in high 
resolution imaging even though the compared method is faster than 3D coEPI in 
measurement time. 
 
In general, dynamic measurements of perfusion weighted imaging is carried out with 
two methods namely: endogenous and exogenous perfusion imaging. The exogenous 
perfusion imaging is excluded here due to the use of intravenous contrast agent (e.g. 
gadolinium, Gd). Gadolinium can be a toxic and cause a risk of illnesses. For the significant 
application, true 3D cine imaging implemented from 3D coEPI readout was applied to image 
cerebral blood supply in human brain noninvasively using arterial spin labeling (ASL) 
technique by labeling arterial blood water on the neck magnetically. Unlike dynamic 
susceptibility contrast (DSC) weighted imaging based on exogenous contrast agents 
(Villringer et al. 1988), arterial blood water in ASL is used as a freely diffusible tracer and 
tagged with labeling plane perpendicular to the carotid artery by applying RF inversion pulse 
of 180º. Quantification of cerebral blood flow (CBF) by ASL is based on the difference 
between the brain tissue signal acquired in a labeled and a control state. ASL in large vessels 
although demonstrated very early (Dixon et al. 1986) was mostly not of interest and 
considered rather as a significant source of error. In the last years, ASL methods such as 
dynamic spin labeling angiography (Warmuth et al. 2005), vessel-encoded dynamic 
magnetic resonance angiography  (Okell et al. 2010) or mapping of arterial transit time by 
intravascular signal selection (Mildner et al. 2014) were developed in order to assess 
specifically the blood flow dynamics in large vessels. The previous two methods (Warmuth 
et al. 2005, Okell et al. 2010) uses a segmented 2D fast low-angle shot (FLASH) readout 
applied in a cine-like fashion in order to observe the inflow of labelled blood into the 
vasculature. Aim of the current work was to track a short bolus of labeled blood by a 
segmented 3D EPI readout. This was intended to yield an isotropic coverage of the brain 
feeding vessels. 
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Balanced pseudo-continuous arterial spin labeling (pCASL) (Wong et al. 2007, Wu et 
al. 2007,  Dai et al. 2008) as an intermediate method is based on the flow driven adiabatic 
spin inversion strategy in which steady state direction of magnetization is gradually moved 
along the rotated effective field while employing the repeated selective RF pulses. In the 
proposed novel method, true 3D cine imaging was embedded with the balanced pCASL 
module for creating a short bolus of magnetically labeled water as endogenous tracer 
delivered by the brain-feeding arteries. While the obtained signal change is much smaller 
than that achieved in DSC MRI, a distinct advantage is that the pCASL experiment can be 
repeated almost without restrictions. Additionally, the bolus is created by the application of 
well-defined RF and gradient pulses, which yields a rectangular bolus shape at the labeling 
plane and excellent shot-to-shot reproducibility. In the control and the labeling condition, an 
experiment was repeated for all segments of k-space with the identical ASL bolus. Whole-
brain imaging of cerebral blood supply in temporal resolutions of the order of 100 ms became 
possible by time-resolved observation of a single segment of 3D k-space after cessation of the 
ASL bolus. The combination of all segments obtained in successive runs yielded a full k-
space for each time step. During this repeated process at each time point, motion of subjects 
as well as phase differences between the acquired segments would severely degrade image 
quality. It is therefore advantageous to exploit sampling strategies such as radial encoding 
with an inherent oversampling of the central region of k-space. It is well known that this 
feature of radial encoding leads to mitigation of motion artifacts (Glover and Pauly 1992, 
Glover and Noll 1993). This immunity to motion has been exploited, for example, for high 
resolution imaging of the lungs (Gewalt et al. 1993, Chen et al. 1998, Möller et al. 1999), 
cardiovascular imaging (Pipe 1999, Peters et al. 2000, Peters et al. 2002) or diffusion-
weighted MRI (McNab et al. 2010, Jung and Cho 1991, Gmitro and Alexander 1993, 
Pipe et al. 2002).  
 
Another potential obstacle of 3D cine imaging is the damping of inflowing blood 
magnetization by the excitation RF pulses of the readout sequence (Okell et al. 2012). This 
not only limits the “visible” penetration depth of the bolus but also biases its temporal shape. 
However, sampling strategies of 3D coEPI offer a high intrinsic SNR by the achievable short 
TE and give additional flexibility to use low excitation flip angles and thereby to reduce an 
excessive damping of the bolus. 
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Finally, ASL parameters such as ASL signal change, ASL time-to-peak and ASL bolus 
width were evaluated and characterized with 3D cine imaging of cerebral blood supply. 
These parameters were elucidated and discussed in detail with experimental results. 
Application to track ASL bolus in steady state is expected to be useful for diagnosing stroke 
and neurodegenerative diseases noninvasively.  
 
1.1 Goal of the thesis 
The goal of the thesis consists of development of novel imaging method of unique k-
space trajectories called “3D center-out EPI with cylindrical encoding” and its significant 
applications. The related and useful contents of MRI basic theory were carefully selected to 
explain the method. For the first application of the method, the goal was to do fast anatomical 
imaging of human brain with ultra-short TE and short echo train length such that high SNR 
and considerably less blurring in 3D images could be achieved. Advantages of the Cartesian 
and the radial sampling were embedded within the proposed imaging method. For an example, 
the method offers high signal intensity as well as less motion and flow artifacts. In addition to 
all these, measurement time can certainly be shortened with the undersampling of angular 
views by the factor of 2 to 3 maintaining acceptable image quality without streaking artifacts 
but with minimum signal loss. By extracting the information of B0 map from a separately 
sanned 3D filed map, the method was corrected for geometrical distortions caused by the 
rotating phase-blip gradients in the presence of a B0 inhomogeneity. 
 
As another significant application for imaging cerebral blood supply in human brain, 
3D coEPI is implemented to true cine imaging which was then combined with the pCASL 
module to track a short ASL bolus of well-defined length along its fast passage through the 
macrovascular compartment of the brain. A small flip angle was used to achieve sufficient 
penetration depth of the ASL bolus. ASL parametric maps of arterial transit delay, signal 
change and bolus width were extracted for characterizing large vessel compartments of the 
brain-feeding arteries. Last but not least, a single arterial branch was selected to observe the 
bolus dispersion. ASL results were tested by varying flip angle, labeling position and 
temporal resolution. 
 
After brief introduction of the thesis is included in the first chapter, theory of basic 
NMR physics including components of MR imaging are covered in the second chapter. In the 
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chapter 3, some relevant basic pulse sequences are explained in short to acquaint with the 
proposed sequence well. The chapter 4 comprises the basic concept of image reconstruction 
process that will be useful while reconstructing an image of the proposed method. In the 
chapter 5, diffusion-weighted imaging based on the short echo time independent of the matrix 
size is briefly explained with the novel methods where DEPICTING imaging readout is 
combined with diffusion modules of DEFT and spin-echo for high signal gain as compared to 
the standard twice refocused spin echo diffusion-weighted imaging method (Reese et al. 
2003). 
 
In the chapter 6, a novel 3D coEPI method of MR imaging modality is briefly discussed 
on its method development and results. This chapter covers significant application of 3D 
center-out EPI that is illustrated with some in-vivo images and plots. Images of whole-brain 
anatomy are demonstrated for variable spatial resolutions in different conditions. 
Additionally, comparative results of 3D coEPI and the cylindrical 3D EPI are also presented 
and discussed.  
 
In the chapter 7, imaging of cerebral blood supply in human brain as a significant 
application of 3D coEPI is magnificently explained with sufficient empirical results. The 
chapter begins with basic introduction of ASL techniques and covers the application of 3D 
coEPI on the true 3D cine imaging of ASL bolus in steady-state. ASL parametric maps and 
the corresponding quantitative results are briefly explained.  
 
Concisely, the non-invasive methods of measuring diffusion and perfusion of human 
brain are carried out with center-out acquisition of EPI readout offering high SNR due to very 
short TE. In order to manifest substantial benefits of the novel imaging technique, several 
experimental results are demonstrated and discussed. Its potential applications could be to 
diagnose tumor, stroke and neurodegenerative diseases. Thus, the demand of such studies is 
being increased for clinical application.  
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2. Basic NMR  
 
2.1 NMR historical background 
MRI or NMRI has evolved as an advanced imaging modality over the several years. So, 
historical background of NMR is worthwhile to remember for the further advancement of 
MR science in future. Some of the renowned scientists from the interdisciplinary fields of 
science and engineering as shown in the Fig. 2.1 have tremendously contributed to evolve 
MRI modality. Jean Baptiste Joseph Fourier, a very famous mathematician from France 
developed a mathematical transformation method that was initially used by Richard Ernst in 
1965 for magnetic resonance spectroscopy (Ernst and Anderson 1966). For the 
development of Fourier transform (FT)-NMR and 2D NMR techniques, Ernst received his 
Nobel Prize in Chemistry in 1991. His method has now become an important reference in 
modern MRI for a way to acquire MR images.  
 
 
Fig. 2.1 Great and prominent contributors in the field of MRI (Source: www.nobelprize.org). 
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Nikola Tesla, a great scientist discovered the rotating magnetic field. An Irish physicist 
named Sir Joseph Larmor contributed to give us the Larmor equation stating that the 
precession or Larmor frequency is directly proportional to the product of the magnetic field 
strength (B0) and the magnetogyric or gyromagnetic ratio (γ).   
                             
 𝜔𝜔0 =  𝛾𝛾 𝐵𝐵0   𝑜𝑜𝑜𝑜   𝑓𝑓0 = 𝛾𝛾2𝜋𝜋𝐵𝐵0 (2.1) 
 
Gyromagnetic ratio is specifically a constant value for each isotope. For hydrogen 
nuclei, γ is about 2.68 ×108 rad/s/T. So, γ 2𝜋𝜋�  is equal to 42.58 MHz/T. In 1944, Isidor Rabi 
received the Nobel Prize in Physics for his significant work for measuring states of rotation 
of atoms and molecules, and then by determining the magnetic moments of the nuclei. In 
1952, Edward M. Purcell and Felix Bloch were awarded for the Nobel Prize in Physics for 
their findings of precessional signal of spins in water and paraffin samples in magnetic field. 
They discovered that nuclei placed in a magnetic field can be tipped over from the 
equilibrium orientation by a radiofrequency field, which can be detected as a weak induction 
signal. Importantly, very useful spin-echo (SE) method was introduced by Erwin L. Hahn. In 
1971, Raymond Damadian succeeded to distinguish between normal and tumor tissue of a rat 
by measuring longitudinal relaxation time (𝑇𝑇1) and transverse relaxation time (𝑇𝑇2). He found 
longer relaxation times in tumor tissue as compared to normal tissue. In 1974, Paul C. 
Lauterbur and Peter Mansfield individually put their efforts further to establish MRI modality 
by using magnetic field gradients in three spatial dimensions to acquire NMR images. In 
2003, both of them got the Nobel Prize in medicine. 
 
2.2 Basic NMR theory 
Hydrogen nuclei have spin one half (i.e. I = 1
2
 ). Spin of a nucleus or angular momentum 
is parallel to magnetic dipole moment if the proton is placed in an external magnetic field. 
Due to the absorption of a photon, particle goes through a transition between lower and 
higher energy states. The particle goes to higher energy state after it absorbs a photon in the 
lower energy state. However, the energy of the photon should be similar to the energy 
difference between two states of spins given by:  
 
 
 𝛥𝛥𝐸𝐸 =  ħ𝜔𝜔0  =  𝛾𝛾ħ𝐵𝐵0 (2.2) 
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Where, ħ is the proportionality constant or the Planck constant between the energy and 
angular frequency (ħ = ℎ
2𝜋𝜋
 = 1.054×10−34 J-s).  According to Boltzmann statistics, the relation 
between number of spins in the higher and lower energy states at room temperature is: 
 
 𝑁𝑁ℎ/𝑁𝑁𝑙𝑙  =  𝑒𝑒𝑒𝑒𝑒𝑒(− 𝛥𝛥𝐸𝐸/𝑝𝑝𝑘𝑘)  (2.3) 
 
 
Where, Nh and Nl are number of spins in the higher and lower energy states, 
respectively. Boltzmann's constant is k = 1.3805x10-23 J/K, and T is the temperature 
measured in K (Kelvin). NMR signal is the resultant of the spin population difference 
between the two energy states. Net magnetic moment is defined as the vector sum of the 
magnetization from all spins. At the equilibrium, the net magnetization vector or equilibrium 
magnetization (𝑀𝑀0) at resonant frequency precesses around the external magnetic field in z-
axis, and is defined by:   
 
 𝑀𝑀0 =  𝜌𝜌0𝐵𝐵0𝛾𝛾2ħ24𝑘𝑘𝑇𝑇  (2.4) 
 
Where, ρ0 is the spin density of a sample. The equilibrium magnetization is the product 
of magnetic moment (γħ/2), relative spin excess �≈ ħ𝛾𝛾𝐵𝐵0
2𝑝𝑝𝑘𝑘
� and spin density of the sample. In 
accordance with the equation (2.4) net magnetization can be increased whether by increasing 
the main magnetic field strength or with low temperature.  
 
A torque is produced when a body carries magnetic dipole moment in a magnetic field. 
Magnetic moment aligns to the direction of the external magnetic field by torque. So, the 
magnetic moment of a body possessing angular momentum precesses about the field axis 
depending on the direction of the magnetic field. Radio frequency magnetic field 𝐵𝐵1����⃗ (𝑡𝑡) is 
required to generate MRI signal in transverse magnetization where a component of the RF 
field should be positioned in the axial plane. Circularly polarized or quadrature RF field 
applied in the x-axis with the angular frequency of 𝜔𝜔𝑅𝑅𝑅𝑅 is given by:  
 
 𝐵𝐵1����⃗ (𝑡𝑡) = 𝐵𝐵1(𝑡𝑡)�?̂?𝑒𝑥𝑥 𝑐𝑐𝑜𝑜𝑐𝑐 𝜔𝜔𝑅𝑅𝑅𝑅 𝑡𝑡 + ?̂?𝑒𝑦𝑦  𝑐𝑐𝑠𝑠𝑠𝑠 𝜔𝜔𝑅𝑅𝑅𝑅 𝑡𝑡� (2.5) 
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In on-resonance condition, the magnetization in the rotating frame does not 
experience the static magnetic field. The magnetization is thus enforced to precess about the 
RF field. The flip angle, α used to rotate the magnetization is directly proportional to the 
amplitude (B1) and duration (δ) of the RF pulse. The result of γ𝐵𝐵1δ  is only valid for 
constant 𝐵𝐵1.  
 
  𝛼𝛼 =  𝛾𝛾 � 𝐵𝐵1𝛿𝛿
0
(𝑡𝑡) 𝑑𝑑𝑡𝑡 =  𝛾𝛾 𝐵𝐵1 𝛿𝛿 (2.6) 
 
For an example, magnetization precesses in transverse plane after 90º RF pulse is 
applied, and free induction decay occurs over the time evolution.  
 
2.3 Relaxation times and the Bloch equations  
When hydrogen atom is placed in the magnetic field, its precessing magnetization (M) 
is parallel to the applied magnetic field B0 oriented along z-axis (i.e. 𝑀𝑀0𝑒𝑒�𝑧𝑧). At equilibrium, 
𝑀𝑀𝑧𝑧 equals to 𝑀𝑀0. Let’s assume that 𝑀𝑀𝑥𝑥, 𝑀𝑀𝑦𝑦 and 𝑀𝑀𝑧𝑧 are three components of M. Both 𝑀𝑀𝑥𝑥 and 
𝑀𝑀𝑦𝑦 are the transverse magnetization whereas 𝑀𝑀𝑧𝑧 is longitudinal magnetization. NMR signal 
from the precessing magnetization is explained by the Bloch equation.   
 
 𝑑𝑑𝑀𝑀
��⃗
𝑑𝑑𝑡𝑡
 =  𝑀𝑀��⃗ × 𝛾𝛾𝐵𝐵�⃗ − 𝑀𝑀𝑥𝑥?̂?𝑒𝑥𝑥  +  𝑀𝑀𝑦𝑦?̂?𝑒𝑦𝑦 
𝑇𝑇2
+ 𝑀𝑀0 −  𝑀𝑀𝑧𝑧 
𝑇𝑇1
?̂?𝑒𝑧𝑧 (2.7) 
 
For the constant external magnetic field, three components of the cross product after 
calculation are:  
 
 𝑑𝑑𝑀𝑀𝑧𝑧
𝑑𝑑𝑑𝑑
= 𝑀𝑀0− 𝑀𝑀𝑧𝑧 
𝑘𝑘1
, 𝑑𝑑𝑀𝑀𝑥𝑥
𝑑𝑑𝑑𝑑
= 𝜔𝜔0𝑀𝑀𝑦𝑦 − 𝑀𝑀𝑥𝑥  𝑘𝑘2  & 𝑑𝑑𝑀𝑀𝑦𝑦𝑑𝑑𝑑𝑑 = − 𝜔𝜔0𝑀𝑀𝑥𝑥 − 𝑀𝑀𝑦𝑦  𝑘𝑘2  (2.8) 
 
𝑇𝑇1 as spin-lattice decay is measured while spins interact with the surrounding tissues. In 
this time, the system returns from 𝑀𝑀𝑧𝑧 to 𝑀𝑀0. 𝑇𝑇1 takes the time for the 𝑀𝑀𝑧𝑧 to reach 63 % of the 
equilibrium magnetization, and increases with an increase of magnetic field strength. 𝑀𝑀𝑧𝑧 
returning to its equilibrium is defined in a function of the repetition time (TR) by:  
 
 𝑀𝑀𝑧𝑧 = 𝑀𝑀0 �1 – 𝑒𝑒𝑒𝑒𝑒𝑒−𝑘𝑘𝑅𝑅/𝑘𝑘1� (2.9) 
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The equation (2.9) is derived for the specific case after application of a 90° RF pulse. If 
the net magnetization gradually returns from the negative z-axis to the equilibrium state in the 
positive z-axis, the equation (2.9) is rewritten as:  
 
 𝑀𝑀𝑧𝑧 = 𝑀𝑀0 �1 – 2 𝑒𝑒𝑒𝑒𝑒𝑒−𝑘𝑘𝑅𝑅/𝑘𝑘1� (2.10) 
 
  On the other hand, 𝑇𝑇2 is measured from the signal decay of 𝑀𝑀𝑥𝑥  and 𝑀𝑀𝑦𝑦  during the 
period when the system returns to equilibrium. 𝑇𝑇2 takes the time for the spins to diphase 37 % 
of the total signal. Time to return to the equilibrium of the transverse magnetization (𝑀𝑀𝑥𝑥𝑦𝑦) is 
𝑇𝑇2 defined in a function of the echo time (TE) by:  
  
 𝑀𝑀𝑥𝑥𝑦𝑦 = 𝑀𝑀0 𝑒𝑒𝑒𝑒𝑒𝑒−𝑘𝑘𝐸𝐸/𝑘𝑘2 (2.11) 
 
        
 
  
Fig. 2.2 Longitudinal relaxation time (left) and spin-spin relaxation time (right). 
 
Features of the both 𝑇𝑇1 and 𝑇𝑇2 relaxation times are demonstrated in the Fig. 2.2. Finally, 
effective transversal relaxation time (𝑇𝑇2∗) is measured from the attenuation of 𝑀𝑀𝑥𝑥  and 𝑀𝑀𝑦𝑦 
resulting from the dephasing due to spin-spin relaxation as well as the magnetic field 
inhomogeneity. Its relationship is briefly explained by: 
 
 
1
𝑇𝑇2
∗ = 1𝑇𝑇2 + 1𝑇𝑇2′ (2.12) 
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 Where, 𝑇𝑇2′ is the 𝑇𝑇2 effect due to inhomogeneities in the magnetic field. Both 𝑇𝑇2 and 𝑇𝑇2∗ 
decrease with an increase of magnetic field strength. Relation among all these three relaxation 
times is defined by 𝑇𝑇1 > 𝑇𝑇2 > 𝑇𝑇2∗. 𝑇𝑇1 in the longitudinal axis and 𝑇𝑇2 along the transversal plane 
occur simultaneously.  
 
2.4 NMR imaging 
As resonance frequency is directly proportional to the local magnetic field, it can be 
manipulated to precess the magnetization at different position using magnetic field gradients 
induced by gradient coils. And, the magnetization is rotated in certain degree with the RF 
pulse induced by RF coils. Spatially varying magnetic field gradient which plays a vital role 
in NMR imaging is generated in three dimensions by three orthogonal gradient coils namely 
Gx, Gy and Gz representing read, phase and slice or partition encoding directions, respectively. 
However, the orientations of the gradients can be chosen arbitrarily. Importantly, the origin of 
the laboratory coordinate system is known as the iso-center of the magnet which is free from 
the gradient effects. Resonant frequency of the spins depending on the position of magnetic 
field gradients is explained by: 
 
 𝑓𝑓 (𝑒𝑒,𝑦𝑦, 𝑧𝑧) = 𝛾𝛾2𝜋𝜋 �𝐵𝐵0 + 𝐺𝐺𝑥𝑥 𝑒𝑒 + 𝐺𝐺𝑦𝑦 𝑦𝑦 +  𝐺𝐺𝑧𝑧 𝑧𝑧� (2.13) 
 
The magnetic field gradient strength is quickly modulated by the gradient coils. MR 
signal to be acquired is selected in slice or slab depending on 2D or 3D imaging. Spatial 
frequency and phase of the magnetized proton pools are significant elements in MR imaging. 
Spins thus precess at various positions with different frequencies such that reconstruction of 
2D or 3D image is possible. 
  
2.4.1 Slice selection   
 Prior to read and phase encoding gradients, a slice selection gradient (Gz) pulse is 
simultaneously played with the selective RF pulse. Larmor frequency of the spins on the 
slice-selection gradient is given by: 
  
 𝑓𝑓 (𝑧𝑧) = 𝛾𝛾2𝜋𝜋 (𝐵𝐵0 + 𝐺𝐺𝑧𝑧 𝑧𝑧) (2.14) 
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Slice thickness (Δz) is estimated by the bandwidth of the RF pulse (Δf) and the amplitude of 
the slice selection gradient.  
  
 𝛥𝛥𝑧𝑧 =  2𝜋𝜋 𝛥𝛥𝑓𝑓
𝛾𝛾𝐺𝐺𝑧𝑧
 (2.15) 
 
 For the constant bandwidth, slice thickness can be decreased by increasing the 
amplitude of the slice selection gradient. After the slice-selective gradient is played out, a 
rephasing gradient which is immediately applied to compensate signal loss caused by phase 
dispersion of the transverse magnetization across the slice is used to realign the phase of the 
transverse magnetization. The phase dispersion across the slice using the equation (2.15) is 
determined by: 
 
 𝜙𝜙(𝛥𝛥𝑧𝑧) = 𝛾𝛾 𝐺𝐺𝑧𝑧 𝛥𝛥𝑧𝑧 𝛥𝛥𝑡𝑡 =  2𝜋𝜋 𝛥𝛥𝑓𝑓 𝛥𝛥𝑡𝑡 (2.16) 
 
Where, Δt is the delay of the excitation pulse from which area of the slice rephasing 
gradient is estimated. The slice offset by distance δz from the gradient isocenter is achieved 
by shifting the RF carrier frequency by an amount δf from the Larmor frequency. So, the 
amount of frequency shift depends on the desired slice offset and amplitude of the slice-
selection gradient (Bernstein et al. 2004, page 268-269).  
 
 δ𝑓𝑓 = 𝛾𝛾𝐺𝐺𝑧𝑧
2𝜋𝜋
𝛿𝛿𝑧𝑧  If    𝛿𝛿𝑧𝑧
𝛥𝛥𝑧𝑧
= 𝛿𝛿𝛿𝛿
𝛥𝛥𝛿𝛿  (2.17) 
 
 
2.4.2 Frequency encoding 
As already mentioned, any physical direction can be chosen for a frequency encoding 
gradient to be applied. During slice selection, transverse magnetization is created in a 
selected slice where the total signal is generated. Frequency encoding gradient perpendicular 
to the slice-selection gradient is used to encode spatial data in x-direction with the fast 
switching of time dependent read gradient (Gx) during the acquisition. The Larmor frequency 
of spins is linearly related to their spatial position along the x direction, and it is given by: 
 
 𝑓𝑓(𝑒𝑒) = 𝛾𝛾2𝜋𝜋 (𝐵𝐵0  +  𝐺𝐺𝑥𝑥 𝑒𝑒) & 𝑒𝑒 =  2𝜋𝜋(𝑓𝑓 −  𝑓𝑓0) 𝛾𝛾𝐺𝐺𝑥𝑥  (2.18) 
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Prior to the signal acquisition, read prephasing gradient lobe or dephasing gradient of 
the negative polarity is run, and it prepares the transverse magnetization to form an echo 
later. It causes phase dispersion and also dephases the spins. Readout gradient lobe or read 
gradient of the positive polarity is then run to rephase the spins and form the gradient echo. 
Now, TE is known from the time to reach the echo from the centre of the RF pulse. In EPI 
readout, TE is the time to sample the k-space center from the center of the RF pulse. If the 
read gradient lobes are played out in frequency encoding, the time between adjacent echoes is 
referred to as echo spacing time which prolongs with higher spatial resolution. It is always 
beneficial to make inter-echo spacing time as short as possible to improve image quality. One 
of the ideas to make it shorter is to increase the strength of readout gradient or to make echo 
train length short. The relation between the duration of gradient ramp time (Tramp) and slew 
rate are given by: 
 
 𝑇𝑇𝑟𝑟𝑝𝑝𝑟𝑟𝑝𝑝 ≥  𝐺𝐺𝑥𝑥𝑆𝑆𝑆𝑆𝑒𝑒𝑆𝑆 𝑜𝑜𝑟𝑟𝑡𝑡𝑒𝑒 (2.19) 
 
    Ratio of the receiver bandwidth (𝛥𝛥𝑓𝑓𝑟𝑟𝑝𝑝𝑟𝑟 = 2𝛥𝛥𝑓𝑓) to the readout gradient strength 
multiplied by 1/γ determines the field of view of the image in the read dimension, and 
thereby its spatial resolution estimated from the number of k-space data points in the read (𝑁𝑁𝑥𝑥) is:  
 
 𝐹𝐹𝐹𝐹𝐹𝐹𝑥𝑥 =  𝛥𝛥𝑓𝑓𝑟𝑟𝑝𝑝𝑟𝑟𝛾𝛾𝐺𝐺𝑥𝑥   &  𝛥𝛥𝑒𝑒 = 𝐹𝐹𝐹𝐹𝐹𝐹𝑥𝑥𝑁𝑁𝑥𝑥  (2.20) 
 
Dwell time 𝛥𝛥𝑡𝑡𝑑𝑑 is reciprocal of 𝛥𝛥𝑓𝑓𝑟𝑟𝑝𝑝𝑟𝑟, and the data acquisition time which depends on 𝛥𝛥𝑓𝑓𝑟𝑟𝑝𝑝𝑟𝑟 
and Nx is given by: 
 
 𝑇𝑇𝑝𝑝𝑟𝑟𝑎𝑎 = 𝑁𝑁𝑥𝑥𝛥𝛥𝑓𝑓𝑟𝑟𝑝𝑝𝑟𝑟 =  𝑁𝑁𝑥𝑥 𝛥𝛥𝑡𝑡𝑑𝑑 (2.21) 
 
Relations of the sampling interval in the read (𝛥𝛥𝑘𝑘𝑥𝑥), readout gradient strength, receiver 
bandwidth and the FOVx are briefly explained by: 
 
 𝛥𝛥𝑘𝑘𝑥𝑥 = 1𝑁𝑁𝑥𝑥𝛥𝛥𝑒𝑒 =  1𝐹𝐹𝐹𝐹𝐹𝐹𝑥𝑥 =  𝛾𝛾𝐺𝐺𝑥𝑥2𝜋𝜋 𝛥𝛥𝑓𝑓𝑟𝑟𝑝𝑝𝑟𝑟    & 𝐺𝐺𝑥𝑥 = 2𝜋𝜋 𝛥𝛥𝑓𝑓𝑟𝑟𝑝𝑝𝑟𝑟𝛾𝛾𝐹𝐹𝐹𝐹𝐹𝐹𝑥𝑥  (2.22) 
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2.4.3 Phase encoding 
The phase encoding gradient (Gy) is applied to vary the phase of the transverse 
magnetization linearly in each spatial position along the phase encoding direction. In 3D MRI 
of volume acquisition, phase encoding is also used in the slice or partition encoding direction. 
Precession frequency of the spins for the phase encoding gradient is given by: 
 
 𝜔𝜔 =  𝛾𝛾 𝐺𝐺𝑦𝑦 𝑦𝑦   (2.23) 
 
Phase variation induced by a phase encoding gradient in each spatial position along the phase 
encoding direction is:  
 
 𝜙𝜙(𝑦𝑦) =  𝛾𝛾 � 𝑦𝑦 𝐺𝐺𝑦𝑦(𝛿𝛿)𝑑𝑑
0
 𝑑𝑑𝛿𝛿  (2.24) 
 
The phase encoding location of ky can be determined by: 
 
 𝑘𝑘𝑦𝑦 = 𝛾𝛾2𝜋𝜋 𝑦𝑦 𝐺𝐺𝑦𝑦𝑡𝑡𝑦𝑦 (2.25) 
 
Where, ty is the duration of the phase encoding gradient. The signal from the transverse 
magnetization of all spins is in the complex form. The k-space signal in the phase encoding 
direction is: 
 
 𝑆𝑆�𝑘𝑘𝑦𝑦� = ∫𝑀𝑀𝑦𝑦 𝑒𝑒𝑒𝑒𝑒𝑒−𝑖𝑖𝜙𝜙(𝑦𝑦)𝑑𝑑𝑦𝑦 = ∫𝑀𝑀𝑦𝑦 𝑒𝑒𝑒𝑒𝑒𝑒−𝑖𝑖 2𝜋𝜋 𝑝𝑝𝑦𝑦 𝑦𝑦𝑑𝑑𝑦𝑦                     (2.26) 
 
In general, the field of view in the phase dimension is known from the reciprocal of 
the phase encoding step size 𝛥𝛥𝑘𝑘𝑦𝑦. Amplitude of phase encoding lobe determines the field of 
view which is used to estimate the desired spatial resolution in phase dimension (Δy) with the 
number of phase encoding steps 𝑁𝑁𝑦𝑦.    
 
 𝐹𝐹𝐹𝐹𝐹𝐹𝑦𝑦 =  2𝜋𝜋𝛾𝛾𝛥𝛥𝐺𝐺𝑦𝑦𝑑𝑑𝑦𝑦 & 𝛥𝛥𝑦𝑦 =  𝑅𝑅𝐹𝐹𝐹𝐹𝑦𝑦𝑁𝑁𝑦𝑦  (2.27) 
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2.4.4 K-space 
Initially, k-space was introduced by Likes, Twieg and Ljunggren (Likes 1981, Twieg 
1983, Ljunggren 1983). An inverse spatial domain is known as k-space, and its unit is 
1/distance (i.e. cm-1) in general. Raw data in data space are acquired in time domain matrix. 
However, k-space derived from data space contains MRI raw data prior to the reconstructed 
image, and it is represented in spatial frequency domain. Basically, k-space is symmetrical 
from left to right and also from top to bottom parts of its axes. The center of k-space contains 
signal of low spatial frequency with the information of SNR as well as contrast, and the 
signal of high spatial frequency lies on the periphery of k-space informing the spatial 
resolution. Spatial frequency in k-space is measured in cycles/distance. Fourier-transform of 
k-space gives us the image. It is importantly to note that the same principle applies to other 
direction of k-space as well. As shown in the Fig. 2.3, the k-space and image space are related 
through the distances of neighboring sampling data points (Δkx, Δky) of k-space and 
corresponding spatial resolutions (Δx, Δy) in the read and the phase encoding directions, 
respectively. 
 𝛥𝛥𝑘𝑘𝑥𝑥 = 1𝑅𝑅𝐹𝐹𝐹𝐹𝑥𝑥 = 1𝑁𝑁𝑥𝑥𝛥𝛥𝑥𝑥 & 𝛥𝛥𝑘𝑘𝑦𝑦 = 1𝑅𝑅𝐹𝐹𝐹𝐹𝑦𝑦 = 1𝑁𝑁𝑦𝑦𝛥𝛥𝑦𝑦 (2.28) 
 
According to equations (2.22), (2.27) and (2.28), the FOV is always inversely 
proportional to the gradient strength and the distance between two neighboring sampling 
points. The way k-space data are sampled, is designed through k-space trajectory. Specifically, 
k-space determines the FOV, SNR, contrast and spatial resolution of the final image. MRI 
data are uniquely encoded in k-space with the numerous pulse sequences such as EPI, 
DEPICTING, ultra-short echo time (UTE), spiral, et cetera.  
 
Spatial frequency domain (i.e. k-space) contains the sampled raw data. The sampling 
strategy is planned by thinking of a trajectory depending upon the time evolution of the 
gradients. The area under the gradient waveform for the certain time interval estimates the 
distance in k-space. Imaging gradient amplitude and γ are related to the k-space transversal 
speed. The k-space is mathematically defined by:   
 
 k(t) = 𝛾𝛾
2𝜋𝜋
∫ 𝐺𝐺(𝛿𝛿)𝑑𝑑0 𝑑𝑑𝛿𝛿 (2.29) 
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Fig. 2.3 Schematic of k-space traversal sampling data points represented by small circles. Relation 
between the k-space and image space is also demonstrated 
 
Using the equation (2.29), the phase dependent on the spatial variable (r) and time (t) is given 
by: 
 𝜙𝜙 = 𝛾𝛾 ∫ 𝑜𝑜.𝐺𝐺(𝛿𝛿)𝑑𝑑0 𝑑𝑑𝛿𝛿= 2π k(t) r (2.30) 
 
Relaxation effects are excluded here for simplifying the explanations. Using the equation 
(2.30), time-domain signal of a volume is given by:  
 
 S(t) = ∫ 𝜌𝜌(𝑜𝑜)𝐹𝐹 𝑒𝑒−𝑖𝑖𝜙𝜙𝑑𝑑3r = ∫ 𝜌𝜌(𝑜𝑜)𝐹𝐹 𝑒𝑒−𝑖𝑖 2𝜋𝜋 𝑝𝑝(𝑑𝑑) 𝑟𝑟𝑑𝑑3r (2.31) 
 
Where, spatial density in the spatial variable is ρ(r). Assuming the time-domain signal as the 
measured k-space signal, the equation (2.31) can be rewritten in the extension form as follow: 
 
 𝑆𝑆(𝑘𝑘𝑥𝑥,𝑘𝑘𝑦𝑦,𝑘𝑘𝑧𝑧) = ∭𝜌𝜌(𝑒𝑒,𝑦𝑦, 𝑧𝑧)  𝑒𝑒−𝑖𝑖2𝜋𝜋 �𝑝𝑝𝑥𝑥𝑥𝑥 + 𝑝𝑝𝑦𝑦𝑦𝑦 + 𝑝𝑝𝑧𝑧𝑧𝑧� 𝑑𝑑𝑒𝑒 𝑑𝑑𝑦𝑦 𝑑𝑑𝑧𝑧   (2.32) 
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Inverse Fourier transform (IFT) is applied to the measured signal 𝑆𝑆(𝑘𝑘𝑥𝑥,𝑘𝑘𝑦𝑦,𝑘𝑘𝑧𝑧) to get the spin 
density  𝜌𝜌(𝑒𝑒,𝑦𝑦, 𝑧𝑧) in the form of the reconstructed image. 
 
 ρ(x, y, z) =∭𝑆𝑆(𝑘𝑘𝑥𝑥,𝑘𝑘𝑦𝑦,𝑘𝑘𝑧𝑧) 𝑒𝑒𝑖𝑖2𝜋𝜋 �𝑝𝑝𝑥𝑥𝑥𝑥 + 𝑝𝑝𝑦𝑦𝑦𝑦 + 𝑝𝑝𝑧𝑧𝑧𝑧� 𝑑𝑑𝑘𝑘𝑥𝑥𝑑𝑑𝑘𝑘𝑦𝑦𝑑𝑑𝑘𝑘𝑧𝑧 (2.33) 
 
 
2.4.5 Some illustrations of k-space trajectories 
Any sort of data acquisition in MRI can be designed with the traversed path of the k-
space trajectories defined by the k-space formula according to equation (2.29). The Fig. 2.4 
depicts some few examples of k-space trajectories used in the Cartesian and the non-
Cartesian sampling techniques. In rectilinear sampling of Cartesian raster or echo trains, all 
frequency encoding lines are parallel to each other, and their sampling points are in equal 
distance in k-space. EPI trajectory of Cartesian sampling (Mansfield 1977) uses a train of 
gradient echoes to acquire full k-space with raster lines of the opposite direction under a 
single RF excitation pulse. EPI is thus very fast imaging method which follows the image 
reconstruction method based on the fast Fourier transform (FFT).  
 
 In 1973, the k-space trajectory of the projection acquisition (PA) was used for the first 
time in MRI by Lauterbur. In the projection acquisition of center-out radial encoding, spokes 
radiate out from the center of k-space. Thus, such trajectories have non-uniform sampling 
density because spokes are closer to the origin than in the edge of k-space. If Nyquist 
criterion satisfied even at the edge of k-space (i.e. kmax), the PA method take π/2 to π times 
longer scan time compared to Cartesian sampling method (Glover and Pauly 1996), e.g., EPI 
or fast low angle shot (FLASH) (Haase et al. 2011). However, scanning time can 
substantially be reduced by undersampling or sparse sampling strategy. As a drawback, B0 
inhomogeneity and chemical shift cause blurring in projection reconstruction but not in 
Fourier transform method (Peters et al. 2000).  
 
 Another example of non-Cartesian sampling is spiral trajectory (Ahn et al. 1986) 
which begins with center-out acquisition of the k-space in spiral-out phenomenon. In such 
non-uniform non-rectilinear sampling, an image is generally reconstructed using conventional 
gridding method or non-uniform fast Fourier transform (NUFFT) method (Fessler and 
Sutton 2003). Some of non-rectilinear k-space trajectories are rosette by Noll (Noll 1997),  
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PROPELLER by Pipe (Pipe 1999), circular by Zhou (Zhou et al. 1998) and Lissajous 
(Moriguchi et al. 2000) were also invented.  
 
 
 
Fig. 2.4 Some k-space trajectories of 2D pulse sequences based on the Cartesian and the non-
Cartesian sampling used in MR imaging.    
 
2.4.6 Imaging contrast 
Image contrast is a significant feature for finding anatomical structures and for 
diagnosing diseases. Generally, 𝑇𝑇1 and 𝑇𝑇2 relaxation processes happen in the same time. But, 
these depend on TR, TE and flip angle. Short TR and short TE produce 𝑇𝑇1-weighted image 
such as FLASH image. Similarly, short TE and large flip angle yield 𝑇𝑇1 contrast as well. On 
the other hand, long TR and long TE produce 𝑇𝑇2-weighted image. Proton-density-weighted 
contrast (e.g. EPI image) is resulted from long TR and short TE. Conditions of the various 
imaging contrast are shown in the Fig. 2.5. 
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Fig. 2.5 The conditions of different imaging contrast based on TR and TE. 
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3. Basic pulse sequence 
 
3.1   Echo planar imaging 
 One of the fastest methods in MRI is two-dimensional EPI which was invented by Sir 
Peter Mansfield (Mansfield 1977). EPI readout is widely used because of its unique feature 
of speed. With modern MRI scanner, an EPI image is produced in a few tens of milliseconds. 
 
 As shown in the Fig. 3.1, a long train of bipolar gradients in frequency encoding 
direction is employed in the presence of phase blips by following a single slice-selective RF 
pulse. Moments of both phase and read gradients are calculated in such a way that the 
effective echo falls in the middle of echo-train. Nevertheless, the echo position can be 
relocated in the front in order to shorten the echo time, and the method is called as partial 
Fourier (PF). To speed up the measurement further, parallel imaging method such as the 
generalized partially parallel acquisition (GRAPPA) (Griswold et al. 2002) or the sensitivity 
encoding (SENSE) (Pruessmann et al. 1999) is implemented into EPI method. EPI sequence 
is widely used for functional studies rather than anatomical imaging. However, 𝑇𝑇2∗-weighted 
image acquired by EPI is also important for diagnosis purpose.   
 
 
Fig. 3.1  Pulse sequence timing diagram of the conventional single-shot gradient-echo EPI (a) and the 
corresponding k-space trajectory (b). Following slice selective RF of αx flip along with read and phase 
prephaser gradients, multiple gradient echoes are recorded by switching read gradient pretty fast. 
Phase blips are used to encode k-space lines in the phase encoding direction. 
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In Cartesian sampling of EPI sequence, the read lines of the opposite direction in k-
space trajectory are occurred due to the positive and negative polarities of the read encoding 
gradient. The inconsistent phase errors between odd and even echoes recorded during data 
acquisition generate Nyquist ghosting artifact in image space. However, such artifact can be 
removed with a reference-scan method that is explained in the Magnetic resonance image 
reconstruction (chapter 4). 
 
 EPI can use various sorts of k-space trajectories. However, EPI has disadvantage of 
prolonging echo time due to long echo train in higher spatial resolutions resulting in lower 
SNR as well as signal drops in the frontal and the temporal lobe. Geometrical distortions and 
ghosting artifacts due to magnetic inhomogeneity and chemical shifts are common issues in 
EPI. More off-resonance effects as well as trajectory error may degrade the image quality in 
non-Cartesian sampling scheme (e.g. spiral encoding) as compared to the conventional 2D 
EPI method.  
 
3.2   DEPICTING  
 
 
Fig. 3.2 Pulse sequence timing diagram of DEPICTING (left) and its corresponding k-space trajectory 
(right). 
 
 Conventional single-shot EPI is modified in DEPICTING sequence (Hetzer et al. 
2011) that allows the acquisition of images at ultra-short echo time by sampling k-space in 
two shots along center-out trajectories with phase blips of the reversed polarity. As shown in 
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the Fig. 3.2, k-space sampled data in two shots are individually encoded through the center of 
k-space following the individual slice-selective RF pulses of 45º and 90º by applying a read 
prephaser gradient and bipolar gradients simultaneously with opposite polarities of phase 
blips but without phase prephaser gradients. Additionally, spoiler gradients are employed in 
both tiles after the acquisition just to get rid of residual transverse magnetization. The time 
delay between two acquisitions is less than 3 ms even at high spatial resolution. Thus, 
DEPICTING has almost same temporal efficiency as the standard EPI method. Even at very 
high spatial resolution, delay between two RF pulses used in both sections of k-space is as 
short as possible (𝑇𝑇𝐷𝐷 << 𝑇𝑇1) and, thereby, the same quantities of transverse magnetization are 
produced in the both segments.  
 
 In center-out acquisitions, signal loss related to echo shifts can be addressed and 
corrected without the need of acquiring over-scan lines as required in conventional partial-
Fourier EPI. However, susceptibility to phase differences between odd and even echoes leads 
to Nyquist ghosting artifacts, and such artifacts are corrected with a reference scan measured 
without phase blips. The center of k-space normally acquired twice is used as the navigator in 
order to correct signal discontinuities between two segments. As a drawback of this method, 
susceptibility artifacts and image distortions along phase-encoding direction due to 𝐵𝐵0 
inhomogeneities are simultaneously obtained along two directions because the two segments 
are acquired with phase blips of opposite polarities. Such artifacts are corrected in k-space of 
spatial frequency domain by extracting the information of B0 distribution from a separate 
multi-echo field map scan using 2D FLASH sequence measured with the same gradient 
strength and bandwidth as used in DEPICTING sequence.  
 
 In addition, DEPICTING using half number of phase blips in its each tile offers short 
TR and improves the sharpness of point spread function (PSF) by factor of √3 as compared to 
EPI. The main benefit of the pulse sequence based on the center-out acquisitions is to achieve 
ultra-short TE almost independent of the acquisition matrix. Therefore, substantial signal gain 
in signal-to-noise ratio is achieved with DEPICTING even in high-resolution imaging. 
DEPICTING paper (Hetzer et al. 2011) includes some applications such as anatomical 
imaging, BOLD-based functional brain mapping and quantitative perfusion imaging. 
DEPICTING readout was also used for an application on diffusion-weighted imaging in order 
to improve signal-to-noise ratio (chapter 5). 
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3.3   Spin echo sequence 
 For the first time, a method of acquiring nuclear spin echoes was discovered by Erwin 
Hahn (Hahn 1950). As shown in the Fig. 3.3, slice selective 90° RF pulse initially rotates the 
net magnetization around the transverse plane. RF pulse is then switched off, and the 
transverse magnetization starts dephasing. After certain delay of TE/2, another 180° RF pulse 
is applied to rotate the magnetization by 180°. As a result, magnetization is rephased to 
generate an echo at TE. A spoiler is eventually played out after the acquisition in order to 
destroy the remaining residual transverse magnetization. As compared to gradient echo EPI, 
spin echo (SE) sequence avoids the signal loss due to off-resonance effects because such 
effects are refocused by 180° refocusing RF pulse. Some variants of SE sequence also exist 
as a modified version.  
 
 
 
Fig. 3.3  A schematic representation of 2D spin echo pulse sequence embedding the spin echo with 
the gradient echoes. 
 
The signal achieved from the spin echo pulse sequence is expressed in a function of TR and 
TE by: 
 𝑆𝑆𝑆𝑆𝐸𝐸 = 𝑐𝑐 𝜌𝜌 (1 −  𝑒𝑒𝑒𝑒𝑒𝑒− 𝑘𝑘𝑅𝑅𝑘𝑘1 ) 𝑒𝑒𝑒𝑒𝑒𝑒− 𝑘𝑘𝐸𝐸𝑘𝑘2  (3.1) 
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Where, c and ρ are the proportionality constant (scaling factor) and density of spins, 
respectively.  
 
3.4 Radial fast low-angle shot sequence 
2D fast low-angle shot (FLASH) sequence with radial encoding as shown in the Fig. 3.4 
enables data acquisition in continuous manner. Following slice selective RF pulse of flip 
angle α set to the Ernst angle (Ernst and Anderson 1966), radial data in 2D k-space are 
recorded by varying amplitudes of the read prephaser and readout gradients with the angular 
increment of spoke angle θ in x and y dimensions by applying the following formula.  
 
 Gx = Gro.cosθ & Gy = Gro.sinθ (3.2) 
 
Spoke angle, θ = 𝜋𝜋 𝑁𝑁𝑠𝑠𝑝𝑝𝑠𝑠𝑝𝑝𝑝𝑝𝑠𝑠� is dependent on the number of spokes (𝑁𝑁𝑠𝑠𝑝𝑝𝑠𝑠𝑝𝑝𝑝𝑝𝑠𝑠)  that is 
determined by fulfilling the Nyquist criterion. 
 
 
Fig. 3.4 (left) Schematic pulse sequence diagram of 2D radial FLASH encoding scheme where read 
prephaser and readout gradients following slice selective RF pulse are rotated in the read and phase 
encoding directions, respectively. Echo is formed in the middle of readout gradient. A spoiler gradient 
in the slice encoding direction after the acquisition is played out to destroy the residual magnetization. 
Spoke loop is passed through after each TR. (right) The corresponding k-space trajectory is shown. A 
spoke in k-space is sampled from –kmax to kmax. 
 
 2D radial FLASH based on the gradient echo projection acquisition can be modified 
further to radiate spoke from the center of k-space without read prephaser gradients. However, 
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this center-out radial FLASH sequence benefits from ultra-short TE to gain SNR but the 
method takes long measurement time comparing to the previous version. 
   
3.5 Three-dimensional EPI with cylindrical encoding  
Three-dimensional EPI with cylindrical encoding as a variant of 3D hybrid EPI was 
recently introduced with a novel acquisition strategy called the trajectory using radially 
batched internal navigator echoes (TURBINE) (McNab et al. 2010). TURBINE was used for 
3D motion corrected steady-state diffusion.  
 
 
 
Fig. 3.5 Schematic pulse sequence diagram of the 3D EPI with cylindrical encoding (left) and its 
corresponding k-space trajectories (right). Volume selective fat saturation pulses are not shown for 
simplifying the presentation. 
 
In each shot of TURBINE, EPI readouts in kx and ky are radially rotated about kz axis 
(i.e. slab-select direction) where the constant phase blips following phase prephaser gradient 
are Fourier encoded. Such rotation is made by varying amplitudes of the read prephaser 
gradient and the read gradients of opposite polarity in successive TR with the angular 
increment of the predefined spoke angle, θ = 𝜋𝜋 𝑁𝑁𝑠𝑠𝑝𝑝𝑠𝑠𝑝𝑝𝑝𝑝𝑠𝑠�  satisfying the Nyquist criterion. In 
this way, 3D k-space of cylindrical volume is encoded as shown in the Fig. 3.5. Prior to the 
actual imaging acquisition, a template scan for all spokes is acquired in order to correct 
Nyquist ghosting artifact. Interestingly, the similar sort of trajectory was also introduced with 
a unique name called RAdial kZ-blipped 3D GRE-echo planar imaging for whole-brain 
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pERfusion (RAZER) (Jonathan et al. 2014). RAZER was used to obtain whole-brain 
perfusion by dynamic susceptibility contrast MRI bolus tracking. In the both methods, a slab 
was selectively excited. It is noted that three-dimensional EPI with cylindrical encoding is 
also named as “cylindrical 3D EPI”. 
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4. Magnetic resonance image reconstruction 
 
4.1  Nyquist ghost correction 
Nyquist ghosting (Zakhor et al. 1991) is a common artifact in EPI based sequence. 
Nyquist ghosting artifact is generally caused by susceptibility to phase differences between 
odd and even echoes. For correcting such artifact, one of the commonly used methods is 
based on a reference-scan method which is used to measure the inconsistent phase errors 
between odd and even echoes in the echo train (Bruder et al. 1992, Schmitt and Goertler 
1992). The reference scan is separately acquired by disabling phase encoding gradient. 
Inverse Fourier transform is applied along the readout dimension to yield projections. Phase 
errors are then calculated based on the phases of all projections. A linear fit over the phase 
differences of adjacent lines is performed to obtain a and b quantities by: 
 
 𝛥𝛥𝜙𝜙 = 𝑟𝑟 + 𝑏𝑏𝑒𝑒 (4.1) 
 
Where, x is the separation of adjacent k-space lines. a and b are constant and linear 
phase errors that are removed from the hybrid data resulted from one dimensional inverse 
Fourier transform (IFT) along the readout dimension of gradient-echo EPI sampled data. One 
dimension IFT is again applied along phase-encoded direction. However, pixel-by-pixel 
phase correction is another option to apply along the read in the hybrid space.   
 
There are several methods to reduce Nyquist ghosting artifact. In the embedded 
reference scan method, two adjacent echoes with null amplitude of phase encoding gradient 
during EPI echo train (Jesmanowicz et al. 1993) can be used to calculate phase errors 
between the reference data and the EPI sampled data. A reference scan based on the phase 
encoded data (Hu and Le 1996) is another method to correct Nyquist ghosting artifact. 
Finally, such artifacts can also be corrected in the image domain excluding the use of a 
reference scan (Buonocore and Zhu 2001).  
  
4.2 Regridding 
Non-uniform k-space trajectories are famously used in MRI modality these days. As 
compared to Fourier encoding method, image reconstruction process is not straightforward in 
non-Cartesian encoding where the direct FFT to the k-space data cannot be applied to 
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produce an image. Therefore, the measured data firstly need to be interpolated onto the 
Cartesian grids, and the FFT can be applied secondly to get an image out. 
  
Backprojection reconstruction can also be used in radial sampling. Unfortunately, this 
method takes more time for computation. However, the fast gridding method is usually used 
for all sorts of non-uniform sampling data.  During the gridding process, the coordinates of 
each data point along the k-space trajectory are computed initially. All the k-space data points 
are then corrected with density compensation function of any type (e.g. linear, pipe, Jacobean, 
voronoi). The compensated k-space data points are convolved with gridding kernel choosing 
a Kaiser-Bessel function, and the convolution is evaluated on the adjacent Cartesian grids 
points. Finally, inverse fast Fourier transform can be applied to reconstruct the image. For 
suppressing sidelobes, deapodization is applied by dividing the reconstructed image by IFT 
of the gridding kernel function. The final image is then yielded after cropping the image by 
removing oversampling ratio that is used during gridding reconstruction to reduce aliasing 
artifact.   
 
The gridding algorithm can also be explained mathematically. The non-rectilinear sampling 
function is defined by: 
 𝑐𝑐�𝑘𝑘𝑥𝑥,𝑘𝑘𝑦𝑦� =  �  𝛿𝛿�𝑘𝑘𝑥𝑥 −  𝑘𝑘𝑥𝑥,𝑖𝑖 , 𝑘𝑘𝑦𝑦 −  𝑘𝑘𝑦𝑦,𝑖𝑖� 
𝑖𝑖
 (4.2) 
 
Where, kx and ky are k-space coordinates or locations. Let’s assume that 
𝑚𝑚�𝑘𝑘𝑥𝑥,𝑘𝑘𝑦𝑦�. 𝑐𝑐�𝑘𝑘𝑥𝑥,𝑘𝑘𝑦𝑦� is the sampled data which are convolved with gridding kernel (e.g. 
Kaiser-Bessel, sinc). The convolution is then evaluated on the Cartesian grids points. Now, 
the regridded Cartesian data are given by (O'sullivan 1985, Jackson et al. 1991, Pipe and 
Menon 1999, Beatty et al. 2005):  
 
 𝑚𝑚��𝑘𝑘𝑥𝑥,𝑘𝑘𝑦𝑦� = ��𝑚𝑚�𝑘𝑘𝑥𝑥, 𝑘𝑘𝑦𝑦�. 𝑐𝑐�𝑘𝑘𝑥𝑥, 𝑘𝑘𝑦𝑦�.𝑆𝑆�𝑘𝑘𝑥𝑥, 𝑘𝑘𝑦𝑦�� ∗ 𝑐𝑐�𝑘𝑘𝑥𝑥, 𝑘𝑘𝑦𝑦�� . Ш � 𝑝𝑝𝑥𝑥𝛥𝛥𝑝𝑝𝑥𝑥 , 𝑝𝑝𝑦𝑦𝛥𝛥𝑝𝑝𝑦𝑦� (4.3) 
 
Where, c(𝑘𝑘) and 𝑆𝑆(𝑘𝑘) are the gridding kernel and the density compensation function, 
respectively. Ш(𝑘𝑘) is a shah function. The equation (4.3) after applying FFT becomes: 
 
 𝑚𝑚�(𝑒𝑒,𝑦𝑦) = {[𝑚𝑚(𝑒𝑒,𝑦𝑦) ∗ 𝑐𝑐(𝑒𝑒,𝑦𝑦) ∗ 𝑆𝑆(𝑒𝑒, 𝑦𝑦)]. 𝑐𝑐(𝑒𝑒, 𝑦𝑦)} . Ш� 𝑥𝑥
𝑅𝑅𝐹𝐹𝐹𝐹𝑥𝑥
, 𝑦𝑦
𝑅𝑅𝐹𝐹𝐹𝐹𝑦𝑦
� (4.4) 
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In order to suppress sidelobes generated during convolution, deapodization is processed 
by dividing the image 𝑚𝑚(𝑒𝑒, 𝑦𝑦) by the IFT of the gridding kernel. Equations of the Kaiser-
Bessel window before and after IFT are given by:  
 
 c(𝑘𝑘) =  𝑖𝑖0
𝑤𝑤
 �𝛽𝛽 �1 −  2𝑝𝑝
𝑤𝑤
�
2
� rect �2𝑘𝑘 𝑆𝑆� � & c(𝑒𝑒) =  𝑠𝑠𝑖𝑖𝑠𝑠��𝜋𝜋2 𝑥𝑥2 𝑤𝑤2− 𝛽𝛽2��𝜋𝜋2 𝑥𝑥2 𝑤𝑤2− 𝛽𝛽2  (4.5) 
 
Where, w and 𝛽𝛽 are the width of kernel and scaling parameter, respectively. And, 𝑠𝑠0 is 
zero-order modified Bessel function of the first kind. Width of the kernel is taken in the same 
unit like the output dimensions. The gridding kernel would then convolve data into pixels. 
Other important parameter is over grid factor that describes the amount of oversampling. 
Oversampling is a technique where the data are gridded at a higher resolution in frequency 
space. The benefit of oversampling is that aliases are pushed further apart due to large FOV, 
so aliasing effects can be reduced through over-gridding.  
 
4.3 Distortions correction 
Spatially dependent resonance frequency offsets are induced by variations in the local 
susceptibility, field heterogeneity and chemical shift especially during the long train of 
acquisition in high resolution measurements (Bernstein et al. 2004). Especially, in EPI based 
sequence, image distortions along phase encoding direction induced by B0 inhomogeneity are 
common issues. Such geometrical distortions are corrected in k-space with frequency list 
based on the B0 field map which is separately measured in multi-echo FLASH experiment 
with an image matrix and bandwidth identical to that of EPI based sequence. The field map 
provides offset frequency as a function of spatial positions to each voxel of the imaging 
volume.  
 
In radial sampling, amount of offset (Δr) to shift every radial view due to off-resonance 
effect depends on the ratio of offset frequency (Δf0ffset) to the amplitude of readout gradient 
(Glover and Pauly 1996). 
  
 𝛥𝛥𝑜𝑜 = 𝛥𝛥𝑓𝑓𝑠𝑠𝛿𝛿𝛿𝛿𝑠𝑠𝑝𝑝𝑑𝑑
𝛾𝛾𝐺𝐺𝑥𝑥
 (4.6) 
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Offset frequency can also be corrected with linear method (Irarrazabal et al. 1996). Where, 
Δf0ffset is taken as a linear function for 3D scanned data. 
 
 𝛥𝛥𝑓𝑓𝑠𝑠𝛿𝛿𝛿𝛿𝑠𝑠𝑝𝑝𝑑𝑑 = 𝑓𝑓0 + 𝑓𝑓𝑥𝑥 𝑒𝑒 + 𝑓𝑓𝑦𝑦𝑦𝑦 + 𝑓𝑓𝑧𝑧 𝑧𝑧 (4.7) 
 
Where, spatial variables in Cartesian co-ordinates are x, y and z. Constant variables (f0, 
fx, fy, fz) can vary for each scan. Pixel-independent frequency offset is f0. The correction 
values are obtained from least-square fitting of the field map, and the time dependent k-space 
shifts (Δkx, Δky, Δkz) are resulted from fx, fy and fz. Phase accumulation (Δ𝜙𝜙) induced by off-
resonance is given by (Bernstein et al. 2004): 
  
 𝛥𝛥𝜙𝜙 =  2𝜋𝜋 [𝑓𝑓0𝑡𝑡 +  𝛥𝛥𝑘𝑘𝑥𝑥(𝑡𝑡) 𝑒𝑒 +  𝛥𝛥𝑘𝑘𝑦𝑦(𝑡𝑡) 𝑦𝑦 +  𝛥𝛥𝑘𝑘𝑧𝑧(𝑡𝑡) 𝑧𝑧]       (4.8) 
 
The k-space locations may be shifted during the gridding process by some amounts of 
Δkx(t) and Δky(t). Δ𝜙𝜙 is dependent on the spatial and k-space positions, therefore, blurring 
correction in non-Cartesian k-space trajectories is not easy. Resonance offset would give a 
pixel-dependent phase in the image space if k-space dependent shifts are absent. Off-
resonance effects are corrected to each voxel of the imaging volume with frequency list based 
on the B0 field map. Off-resonant phase accumulation can be removed by demodulating the 
measured raw data, 𝑚𝑚(𝑘𝑘). The frequency offset is removed by 𝑚𝑚(𝑘𝑘). exp(−𝑠𝑠2𝜋𝜋𝑓𝑓0𝑡𝑡).  
 
 According to frequency-segmented method (Noll et al. 1992), the frequency offset 
range is divided into number of frequency segments (fseg). At each different frequency, 
separate deblurred images are reconstructed by demodulating k-space data. The corrected 
image is eventually yielded from the combination of all deblurred images of fseg depending on 
the frequency nearest to the field map at each pixel location. Multi-frequency correction takes 
longer reconstruction time because many separate images need to be reconstructed depending 
on fseg. If the phase accrual at the end of the readout is sufficiently small, fseg is set by fseg > 
4ΔωmaxTacq/π (Noll 1991). Where, Δωmax is the absolute maximum value of off-resonance 
frequencies ranging from -Δωmax to Δωmax. To achieve on-resonance frequency is empirically 
difficult; therefore, asymmetric range of off-resonance frequency is corrected by determining 
the right number of fseg  (Moriguchi et al. 2003). 
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 fseg > 4(fmax - fmin) Tacq  (4.9) 
 
 Width of off-resonance frequencies in the image is calculated from the difference 
between maximum and minimum frequency offsets indicated in the field map. The 
acquisition time Tacq is defined by the reciprocal of phase encoding bandwidth (BWPE) which 
equals to 1
𝑘𝑘𝑒𝑒𝑒𝑒𝑁𝑁𝑦𝑦
 in the EPI readout. Where, Tes is echo spacing. Now, the equation (4.9) can be 
rewritten as: 
 
 fseg > 4(fmax - fmin) Tes Ny (4.10) 
 
 
For an example, if fmax - fmin = 200 Hz, Ny = 80, and Tes = 1 ms, more than 64 frequency 
segments are needed. In general, spatial distortion enhances with longer echo train.  
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5. Diffusion MRI of human brain  
 
Diffusion is basically the Brownian motion of water in the human brain. Diffusion-
weighted imaging (DWI) technique has become one of the most important and powerful tools 
in biomedical imaging field after the advancement of continuous research over the last two 
decades. DWI is beneficial to study about fibre bundles, traumatic brain injury, 
demyelination, brain lesions, cell damage caused by cerebral ischemia and many others. 
 
An important parameter of DWI is the TE which is desired to be short for the in-vivo 
measurement of the true apparent diffusion coefficient (ADC). The integrated parallel 
acquisition technique using GRAPPA or SENSE as well as the partial Fourier (PF) is 
primarily used to decrease TE at higher spatial resolution. In addition, the reduction of FOV 
is also an optional technique for the enhancement of spatial resolution. Further, diffusion-
weighted imaging can be advanced to diffusion tensor imaging (DTI) by applying diffusion 
gradients in minimum six directions in addition to one acquisition for b-factor (i.e. the 
amount of gradient-induced diffusion weighting in the imaging sequence) of 0. As a result, 
anisotropy of white matter can be quantified. Goal of this chapter was to combine a diffusion 
preparation module with the DEPICTING readout and thus improving the SNR of high-
resolution DWI imaging.  
 
5.1 Diffusion-weighted DEFT-DEPICTING 
5.1.1  Introduction 
 Becker initially introduced driven equilibrium Fourier transform (DEFT) in the field 
of spectroscopy for the enhancement of signal-to-noise ratio for acquisition with short TR 
(Becker et al. 1969). But, Van Uijen and Den Boef (Van Uijen and Den Boef 1984) as well 
as Maki (Maki et al. 1988) originally implemented Becker's idea to conventional spin echo 
pulse sequence in MRI. Here, DEFT was implemented in conjunction with DEPICTING 
sequence in order to acquire the diffusion-weighted images in high spatial resolution with 
high signal gain at short TE. This method was compared to the conventional Stejskal-Tanner 
based technique referred to Diffusion-weighted twice refocused spin-echo EPI (Reese et al. 
2003). As a drawback, the diffusion-weighted DEFT is vulnerable and sensitive to phase 
distortions induced by eddy currents and motion especially at high b-values. So, it causes 
incomplete refocusing of the magnetization in the DW-DEFT module, and diffusion signals 
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will be contaminated with the stimulated echoes. Consequently, a true ADC value cannot be 
achieved. However, such effects can be elucidated by implementing phase cycle scheme or 
by applying the dephasing and rephrasing crusher gradients of the same size (Sinha and 
Sinha 1996). 
 
5.1.2  Methods and materials 
 
 
Fig. 5.1 DW-DEFT-DEPICTING pulse sequence is designed with the crusher gradients SP1 and SP2 
of equal area but with different polarity in order to dephase and rephase the generation of the 
unprepared longitudinal magnetization i.e. T1 dependent effect. The DW-DEFT preparation module 
prior to the DEPICTING imaging sequence consists of slice selective 90° sinc pulses (the excitation 
and the flip-back pulse) and one 180° refocusing pulse in between them. Two diffusion-weighting 
trapezoidal gradients are employed before and after the refocusing pulse. The spoiler gradients after 
the flip-back pulse are simultaneously placed along the phase, read and slice encoding directions to 
dephase the remnant transverse magnetization in xy plane. 
 
In the modified DEFT scheme, a train of three selective preparation RF pulses of 90°x, 
180°y and 90°-x is used. The first excitation RF sinc pulse of 90°x rotates the magnetization 
with clockwise direction through 90° around x-axis. The third flip-back or tip-up pulse is 
applied exactly at the peak of the echo such that it restores the magnetization to the z-axis 
(Becker et al. 1969). In other words, diffusion attenuated transverse magnetization generated 
by two identical diffusion-weighting gradients (DWGs) is flipped back to longitudinal 
magnetization axis. This state is now starting point for DEPICTING acquisition. 
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In particular, slice rephaser gradients in the modified diffusion-weighted DEFT are not 
required including, and this helps to shorten TE by few milliseconds. Spoilers gradients after 
the flip-back pulse (FBP) are placed along phase, read and slice encoding directions to 
destroy remaining coherent magnetization in the transverse plane. However, conventional 
DEFT is sensitive to unprepared T1 effects. This T1 contamination was empirically observed 
during acquisition of the second segment in DEPICTING which could be delayed by several 
100 ms. Basically, there is general problem of sensitivity to eddy currents in DEFT that is 
emphasized when adding diffusion-weighting gradients of same area and polarity. These 
gradients are inserted before and after the refocusing pulse. Moreover, eddy current leads to 
incomplete refocusing of the magnetization in the diffusion-weighted preparation scheme. 
Spins in the slice which don't experience 180° due to the imperfect refocusing pulse, produce 
free induction decay. As a result, signals are contaminated during the data acquisition, and 
stripe-artifact in the image will then be generated. Such affects can be seen at the raw data in 
early time points. The solution to such artifact is the implementation of phase cycles scheme. 
Actually, there are two methods to solve these problems. The first method is to implement a 
crusher gradient before FBP of the diffusion module in slice encoding direction for dephasing 
T1 contamination, and it is rephased during the DEPICTING readout with another crusher 
gradient of the same size as shown in the Fig. 5.1. Optimization of crusher gradient area with 
its proper amplitude and duration was done by switching off the first slice selective RF pulse 
of DW-DEFT such that the sequence had to produce black box image.  The same experiment 
was then repeated with the inclusion of first excitation pulse. Advantage of this method is fast 
and somehow insensitive to motion even though almost half of the signal is dephased by 
crusher gradients.  
 
The second method which maintains the full DEFT signal is the phase cycling 
technique. As shown in the Fig. 5.2, the flip-back pulse of DW-DEFT module and two 
excitation pulses of the DEPICTING imaging sequence are cycled in a four-step phase cycle 
scheme keeping direct receiver phase constant. The first half of of k-space (i.e. first segment) 
was acquired by 90°x - DWG - 180°y  - DWG - 90°(-x/x/-y/y) - ξ1 - 45°(x/-x/-x/x) with the phase 
blips of positive polarity. Likewise, 90°x - DWG - 180°y - DWG - 90°(-x/x/-y/y) - ξ2 - 90°x/-x/-x/x 
with the phase blips of negative polarity produced the other second segment of k-space. 
Where, ξ1 and ξ2 are delay times for the two segments of DEPICTING after DW-DEFT 
module. Spoiling gradients were simultaneously placed along the phase, read and slice 
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encoding directions to destroy the remnant transverse magnetization.  
 
 
Fig. 5.2 DW-DEFT-DEPICTING pulse sequence utilizing a four-step phase cycle for the flip-back 
pulse and the two excitation pulses of the DEPICTING readout. The sequence scheme is equivalent to 
the Fig. 5.1 except the application of crusher gradients SP1 and SP2. Phases of the flip-back and 
excitation pulses within the four steps are given in parenthesis. 
 
 Without the consideration of SNR loss by the imperfect refocusing and flip-back pulses, 
total voxel signal intensity of DW-DEFT-DEPICTING imaging sequence from each phase 
cycle is thus given by: 
 
 𝑆𝑆 =  𝑆𝑆0 𝑐𝑐𝑠𝑠𝑠𝑠 45° 𝑒𝑒𝑒𝑒𝑒𝑒−𝑘𝑘𝐸𝐸1/𝑘𝑘2  𝑒𝑒𝑒𝑒𝑒𝑒−(𝜉𝜉1+ 𝜉𝜉2)/𝑘𝑘1  𝑒𝑒𝑒𝑒𝑒𝑒−𝑘𝑘𝐸𝐸2/𝑘𝑘2∗  𝑒𝑒𝑒𝑒𝑒𝑒−𝑏𝑏𝐷𝐷 (5.1) 
 
Where,  
S = Voxel diffusion signal intensity 
S0 = Voxel signal intensity without diffusion 
b = b-factor in s/mm2 for trapezoidal gradient lobes  = 𝛾𝛾2𝐺𝐺2 �𝛿𝛿2 �𝛥𝛥 −  𝛿𝛿
3
� + 𝜉𝜉3
30
� −  𝛿𝛿𝜉𝜉2
6
 
G = Gradient strength or gradient's amplitude in T/mm 
δ = Gradient duration  
∆ = Diffusion time or time interval between onset of DWGs  
D = Apparent diffusion coefficient in 10-9 m2/s or 10-3 mm2/s 
TE1 = DEFT Echo Time (TEDEFT)  
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TE2 = DEPICTING Echo Time (TEDEPICTING)  
 
The DW-DEFT-DEPICTING was implemented in Siemens sequence development 
environment of the integrated development environment for applications (IDEA). All 
experiments were performed on 3T MRI scanner (MAGNETOM TIM Trio, Siemens 
Healthcare, Erlangen, Germany). Gradient strength of 40 mT/m per axis and slew rate of 200 
mT/(m×ms) were the hardware limit as per TQ-engine. Bore diameter of the magnet was 60 
cm. Throughout the experiments, the Siemens 32-channel head array coil with circularly 
polarized B1 for transmitter and receiver was used in purpose to enhance SNR. The sequence 
was tested on spherical phantoms filled with water and agarose gel prior to the in-vivo 
experiments. 
  
 Here, artifacts due to Nyquist ghost and B0 inhomogeneity were corrected in the Fourier 
domain by using separately measured the template scan and the multi-echo field map scan. 
The template scan was employed without phase blips at the lowest b-factor. Advantageously, 
only one template scan was sufficient to correct the Nyquist ghost artifacts for all diffusion 
data measured with variable b-values and different diffusion directions. For correcting 
geometrical distortions induced by B0 inhomogeneity, the field map was measured with same 
resolution, bandwidth and gradient strength as of imaging scans.  
 
 The phase cycle used here is effectively a combination of two two-step cycles: in the 
first cycle, the phase of the flip-back pulse is varied in two steps between –x and x to suppress 
spurious signal contributions. This part is consistent with the DEFT scheme, that is, the pulse 
actually restores magnetization along the z-axis. In the second part, the phase is varied 
between –y and y. The motivation to include the –y/y phase variation is to acquire a residual 
phase because the only partial refocusing does not occur along the y-axis but at some 
arbitrary position in the transverse plane. The second 90° pulse of the standard DEFT scheme 
can only flip back the projection of this magnetization onto the y-axis, whereas other portions 
(i.e., the projection onto the x-axis) will be lost. The ‘lost’ component is, however, flipped 
back to the longitudinal plane in the second two-step cycle, where the rotation due the second 
90° pulse is now about the –y or y-axis.  
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 The measured k-space raw data were saved and processed further to reconstruct 
images offline with the self-written software. During the image reconstruction process, the 
first and second steps of phase cycles were initially added in the k-space. As a result, the first 
image was yielded. Similarly, the third and fourth steps of phase cycles were summed in the 
k-space to get the second image out. These two reconstructed images looked complementary 
to each other from visual inspection. The resultant magnitude images were separately squared 
and then summed in image space. Eventually, square root of the summed images yielded the 
expected result of final diffusion-weighted image that was free from phase errors. In addition 
to the square root of sum of squares (SRSS) technique (Thomas et al. 1998), hamming filter 
was also applied as an option to improve image quality. Final images were converted into 
vista or nifti file, and the resultant images were then evaluated for signal-to-noise ratio, ADC 
value and ADC map using the interactive data language (IDL) software tool.  
 
It is noted that the SRSS technique efficiently will work to the extent only if the phase 
error is consistent during the whole acquisition. Variations in the phase error due to patient-
table vibrations or noncyclic coherent motion can result in signal amplitude variations during 
the segmented k-space trajectory and thereby minify the effectiveness of the SRSS technique 
(Jeong et al. 2003). In general, Lorentz force caused by very strong currents into gradient 
coils creates vibration when gradients are switched on and off. Empirically, it was observed 
that the SRSS technique yielded satisfactory results in experiments performed with spherical 
phantoms but was insufficient in the case of in-vivo experiments.  
 
 The diffusion-weighted spin-echo echo-planar imaging (DW-SE-EPI) as shown in the 
Fig. 5.3 is based on the conventional Stejskal-Tanner sequence (Stejskal and Tanner 1965) 
where two diffusion-weighted gradients of the same polarity are inserted before and after the 
refocusing pulse. In the standard twice-refocused DWI technique (Reese et al. 2003), four 
bipolar gradients are employed around two refocusing pulses in order to compensate eddy 
currents. However, TE elongates in this case as compared to DW-SE-EPI. The signal intensity 
of DW-SE-EPI imaging sequence is given by: 
  
 𝑆𝑆 =  𝑆𝑆0 𝑒𝑒𝑒𝑒𝑒𝑒−𝑘𝑘𝐸𝐸𝑘𝑘2   𝑒𝑒𝑒𝑒𝑒𝑒−𝑏𝑏𝐷𝐷  (5.2) 
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 The echo time of DW-SE-EPI is given by 𝑇𝑇𝐸𝐸 ≈  2𝜆𝜆 +  𝛥𝛥 + 𝛿𝛿 +  𝜉𝜉. λ is the distance 
from the beginning of readout to the center of the k-space, and ξ is the ramp time of diffusion-
weighted gradient. The diffusion-weighted signal intensity from the DW-SE-EPI pulse 
sequence is achieved depending on the value of λ. Now, the equation  (5.2) is rewritten as:  
 
 𝑆𝑆 = 𝑆𝑆(𝜆𝜆) =  𝑆𝑆0 𝑒𝑒𝑒𝑒𝑒𝑒− 2𝜆𝜆+ 𝛥𝛥+ 𝛿𝛿+ 𝜉𝜉𝑘𝑘2   𝑒𝑒𝑒𝑒𝑒𝑒−𝑏𝑏𝐷𝐷 (5.3) 
 
 Obviously, TEDEFT is less than TE of the DW-SE-EPI. The reason is that TEDEFT is 
independent of an imaging sequence, and λ is null in the DEPICTING sequence. Therefore, 
DW-DEFT-DEPICTING is expected to deliver high-resolution images with higher SNR. 
 
 
 
Fig. 5.3 Diffusion-weighted spin-echo echo-planar imaging sequence consists of 90° slice-selective 
RF pulse and two diffusion-weighted trapezoidal gradients around 180° refocusing pulse followed by 
EPI readout for the data acquisition. The diffusion factor or b-value is subsequently increased by 
enhancing the strength of diffusion-weighted gradients. In order to balance the sequence timing, λ is 
adjusted. 
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5.1.3 Results and discussions 
(a) Simulation  
 Theoretical analysis of DEFT-DEPICTING and SE-EPI were attempted to estimate the 
signal gain in both sequences. In the both methods, S0 exp-bD was kept constant. In DEFT-
DEPICTING sequence, SNR loss due to the imperfect refocusing and flip-back RF pulses 
was ignored. As already mentioned, λ is zero in case of DEPICTING readout; therefore,  𝑒𝑒𝑒𝑒𝑒𝑒−(𝜉𝜉1+ 𝜉𝜉2)/𝑘𝑘1  𝑒𝑒𝑒𝑒𝑒𝑒−𝑘𝑘𝐸𝐸2/𝑘𝑘2∗  term was assumed to be approximately 1. Parameters used for the 
simulation are given by: 
Base resolution = 192, TR = 443 ms, Bandwidth = 1184 Hz/pixel, FOV = 192 mm, Slice 
thickness = 5 mm, T1 = 1330 ms, T2 = 80 ms, ζ1 = 8 ms, δ + ζ = 27.5 ms, ∆ = 32.5 ms 
 
 After simulating EPI sequence of Siemens product for T2 = 80 ms, overall signal of SE-
EPI was compared to the theoretical signal achieved from DEFT-DEPICTING using 
equations (5.1) and (5.3). For T2 = 80 ms, signal calculations yielded indeed 33 % signal gain 
achieved with DEFT-DEPICTING compared to SE-EPI even with GRAPPA factor of 3 and 
PF of 6/8. All the simulated signals have been listed in the Table 1.  
 
 Except a particular situation of  𝑇𝑇2 ≥ 200 ms, results of the simulation as shown in the 
Table 1 predict that DW-DEFT-DEPICTING method should mostly generate a signal gain as 
compared to DW-SE-EPI. 
 
Table 1 For different T2 values, simulated signals between SE-EPI and DEFT-DEPICTING 
are compared by keeping diffusion-weighting attenuated signal constant. 
GRAPPA 
Factor 
PF 
[6/8] 
λ 
[ms] 
TE 
[ms] 
SE-EPI 
signal 
[T2 = 80 ms] 
DEFT-
DEPICTING 
signal 
[T2 = 80 ms] 
SE-EPI 
signal 
[T2 = 200 ms] 
DEFT-
DEPICTING 
signal 
[T2 = 200 ms] 
No No 111 282 0.03 0.33 0.24 0.52 
No Yes 83 226 0.06  0.32  
2 No 55 170 0.12  0.43  
2 Yes 41 142 0.17  0.49  
3 No 36 132 0.19  0.52  
3 Yes 28 116 0.23  0.56  
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(b) Phantom measurement 
 While recording the phantom or in-vivo data using the DW-DEFT-DEPICTING and the 
standard twice-refocused DWI sequence, achievable echo times of the both methods are 
listed in the Table 2. It is importantly mentioned that the duration and maximum amplitude of 
the diffusion-weighted gradients used in the proposed method for b-value of 1000 s/mm2 are 
29 ms and 26 mT/m, respectively. For the same b-value, the diffusion-weighted gradient with 
its maximum possible amplitude of about 36 mT/m was used in case of the standard twice-
refocused DWI sequence. Less diffusion gradient strength in the DW-DEFT-DEPICTING 
was used because DEFT is sensitive to motion and eddy currents. However, the method can 
provide a shorter TE even with less gradient strength as compared to the standard twice-
refocused DWI sequence. 
 
Table 2 Change in echo time and bandwidth of two methods are listed for different spatial 
resolutions. 
 
Resolution 
[mm3] 
TEDEFT 
[ms] 
TE in ms 
[twice-refocused 
DWI with PF = 6/8] 
TE  in ms 
 [twice-refocused DWI with  
PF = 6/8 & GRAPPA factor = 3] 
Bandwidth 
[Hz/pixel] 
1.5×1.5×1.5 68 112 90 1056 
1.0×1.0×1.5 68 179 105 840 
0.75×0.75×1.5 68 247 126 752 
   
  
 In DW-DEFT-DEPICTING, TEDEPICTING (i.e. TE2) was 4.4 ms in high resolution 
imaging. Additionally, variable number of slices and TR of 5 s were used in the both methods. 
For fair comparison, the standard diffusion sequence was measured with the PF of 6/8 but 
without GRAPPA acceleration factor because GRAPPA was not implemented with the 
DEPICTING readout. 
  
 An agarose gel phantom was chosen to test for DWI by using the DW-DEFT-
DEPICTING and the standard twice-refocused DWI method prior to in-vivo measurements. 
The choice of agarose gel phantom was the best option due to its relaxation properties almost 
similar to brain tissues. As shown in the Fig. 5.4, the proposed method using a combination 
of two two-steps phase cycles provides a signal gain of 2 compared to the standard twice-
refocused DWI method.  
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 Unlike the DW-DEFT-DEPICTING method, the standard twice-refocused DWI 
method was unable to produce a diffusion-weighted signal of high SNR at high b-values in 
high spatial resolution. Therefore, the principles of DW-DEFT-DEPICTING were 
successfully proved on the agarose gel phantoms. The experiments described above were 
repeated on spherical phantoms filled with water. Same slice from the corresponding images 
of the increasing b-values was taken to calculate ADC value of water with the selection of 
same region of interest (ROI). Logarithmic signal intensity of water phantom at different b-
values was thus plotted for both sequences. ADC value of water phantom was evaluated for 
the both methods from the linear regression lines of exponential decay. ADC values of 1.93 × 
10-9 m2/s and 1.98 ×  10-9 m2/s were achieved for the DW-DEFT-DEPICTING and the 
standard twice-refocused DWI method, respectively.  
 
 
 
Fig. 5.4  Diffusion-weighted images of agarose gel phantom acquired in the isotropic resolution of 1.5 
mm at b-values of 0 s/mm2 (left), 550 s/mm2 (middle) and 1000 s/mm2 (right) along x direction using 
the DW-DEFT-DEPICTING method (top) and the the standard twice-refocused DWI with the partial 
Fourier of 6/8 (bottom). 
 
(c) In-vivo measurement 
After testing the method on spherical gel phantom, in-vivo experiments were also 
carried out using the same method and procedures followed in the preceding test. As shown 
in the Fig. 5.5, diffusion-weighted images of the human brain were acquired for three 
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orthogonal diffusion directions (x, y and z) using DW-DEFT-DEPICTING in the isotropic 
resolution of 1.5 × 1.5 × 1.5 mm3. During the measurements, it was empirically found that 
the DW-DEFT-DEPICTING method was sensitive to head motion and patient-table vibration 
during the switching of gradients on and off. Such motion artifacts were more visible while 
placing diffusion gradients in slice direction (i.e. z-axis) especially at high b-values and high 
spatial resolutions.   
 
 
 
Fig. 5.5 Diffusion-weighted images of different slices acquired in spatial resolution of 1.5 × 1.5 × 1.5 
mm3 at b-values of 1000 s/mm2 using DW-DEFT-DEPICTING. By applying diffusion-weighted 
gradients along three orthogonal directions (x, y and z) separately, the resulted diffusion-weighted 
images are demonstrated in the first, second and third rows, respectively. 
 
Both DW-DEFT-DEPICTING and the standard twice-refocused DWI sequence were 
tested in in-vivo measurements for very high spatial resolution of 0.75 × 0.75 × 1.5 mm3 in 
order to compare SNR and image quality (Fig. 5.6).   
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Features of the both sequences were examined with in-vivo measurements for the 
variable spatial resolutions. As compared to the standard diffusion-weighted method, the 
main advantage of the proposed method is to achieve short TE independent of image 
resolution and thereby to offer high SNR. However, artifacts due to patient-table vibrations or 
any noncyclic coherent motion are an open issue of DW-DEFT-DEPICTING. Patient table 
stabilization (Gallichan et al. 2010) as well as prospective motion correction (Herbst et al. 
2012, Schulz et al. 2012)  might help to solve such problem for improving the image quality. 
 
 
 
Fig. 5.6 Diffusion-weighted images in the spatial resolution of 0.75 × 0.75 × 1.5 mm3 at b-values of 
1000 s/mm2 shown in all three columns from left to right were acquired for three diffusion directions 
in x, y and z. Images in the top and bottom rows were obtained by using DW-DEFT-DEPICTING and 
the standard twice-refocused DWI sequence, respectively. Diffusion-weighted images in the bottom 
row acquired with PF of 6/8 consist mostly of noise. However, some signals still remain in the images 
in the first row even though an effect of motion in such high resolution is clearly visible on images. 
 
5.1.4  Conclusion 
DEPICTING imaging sequence was combined with the diffusion-weighted DEFT 
module in order to achieve short echo time almost independent of the spatial resolution and 
thereby to improve SNR. However, DW-DEFT-DEPICTING method has some drawbacks of 
motion sensitivity and eddy currents. In order to remove T1 contamination in the diffusion 
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signal as well as considering the violation of the DEFT condition, four-step phase cycling 
was implemented to DW-DEFT-DEPICTING sequence by changing phases of the flip-back 
pulse in the diffusion-weighted DEFT module and the both excitation pulses of DEPICTING 
at the constant direct receiver phase. Initially, DW-DEFT-DEPICTING and the standard 
twice-refocused spin echo DWI sequences were tested on spherical phantoms filled with 
water and gel prior to the in-vivo measurements. Both methods were finally compared for 
SNR and image quality. Signal gain of the proposed method over the standard twice-
refocused spin echo DWI was found to be significant. During in-vivo experiments using DW-
DEFT-DEPICTING sequence, sensitivity to head motion and vibration susceptibility to 
patient-table was realized. Patient-table vibration was strongly experienced when applying 
diffusion-weighted gradients along the read and the slice directions especially at high b-
factors in high spatial resolutions. Mechanical stabilization of the patient-table might reduce 
this problem and improve the image quality.  
 
5.2 Diffusion-weighted double-shot  center-out EPI 
5.2.1 Introduction 
  Another sequence variant using the DEPICTING principle but without any DEFT 
preparation was a diffusion-weighted double-shot center-out EPI sequence. Again, the 
purpose of this sequence variant was to achieve high-resolved diffusion-weighted images 
with the improved SNR.  
 
5.2.2 Methods and materials 
  The pulse sequence as shown in the Fig. 5.7 was adapted from the DEPICTING 
approach (Hetzer et al. 2011). It consists of two consecutive slice loops with diffusion 
preparation module based on the Stejskal-Tanner sequence (Stejskal and Tanner 1965). The 
upper tile of k-space was acquired in the first loop with the positive phase blips whereas the 
lower tile was obtained with the inverted phase blips in the second loop. The central k-space 
line was acquired twice and used as a navigator for correcting signal discontinuities between 
two segments (Hetzer et al. 2011). Similar to the previous method, Nyquist ghosting artifact 
induced by susceptibility to phase differences between odd and even echoes was corrected 
with a template scan measured at the minimum b-value. Artifacts related to geometrical 
distortions caused by B0 inhomogeneities were corrected based on the information of B0 
distribution extracted from an additional multi-echo field map scan using 2D FLASH 
sequence that was measured with the identical bandwidth and spatial resolution as of the 
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diffusion sequence.  
 
 
Fig. 5.7 Schematic diagram of the diffusion-weighted double-shot center-out EPI sequence consists of 
slice selective excitation RF pulse of 90° and the trapezoidal diffusion-weighted gradients around the 
refocusing RF pulse of 180° followed by center-out EPI readout. Two consecutive slice loops are run 
with positive and negative phase blips in order to sample upper and lower segments of k-space 
trajectory with center-out EPI. 
 
Twenty-four axial slices were recorded at 3T (Siemens TIM Trio) in a healthy 
volunteer with b = 1000 s/mm2, amplitude of the DWG = 36 mT/m, nominal voxel size = 1 × 
1 × 1.5 mm3 (acquisition matrix = 192 × 192) and TE = 60 ms. The standard twice-refocused 
DWI images for comparison were recorded with 6/8 partial Fourier imaging, GRAPPA 
acceleration factor of 3 and TE of 102 ms. The same total scan time was employed for both 
methods (i.e. 1 vs. 2 averages). 
 
5.3 Results and discussions 
Depending on the direction of diffusion weighting gradients, a gain in SNR of up to 95 % 
was obtained in the corpus callosum with the center-out technique (Fig. 5.8). This is also 
consistent with estimates of the signal decay due to transverse relaxation at the different echo 
times based on published white-matter T2 values with the additional consideration of SNR 
loss resulting from parallel imaging and partial Fourier acquisition.  
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Fig. 5.8 Images with diffusion weighting along x-, y-, and z-direction (left, middle, right row) 
comparing two-shot center-out EPI (upper row) and standard partial-Fourier EPI (bottom row) for 
SNR gains at 3T. 
 
Unfortunately, the diffusion-weighted double-shot center-out EPI sequence was also 
prone to image artifacts related to involuntary head motion and patient-table vibration during 
rapid switching of gradients. Vibration susceptibility to patient-table found more severe when 
applying diffusion-weighted gradients along the read and slice encoding directions especially 
at high b-values and high spatial resolution. As a result, diffusion-weighted images suffer 
from signal loss and blurring. As shown in the Fig. 5.9, the artifact due to patient-table 
vibration was more pronounced along the x-direction than the y-direction.   
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Fig. 5.9 Motion artifacts depending on the direction of the applied diffusion-weighted gradients. 
Diffusion-weighted double-shot center-out EPI images of the same slice in four repetitions are shown 
for the x (upper row) and the y (bottom row) direction. 
 
Using an eye tracking system, the patient-table vibration was measured while 
applying diffusion-weighted gradients along the x-direction and the y-direction, respectively. 
The corresponding results are shown in the Fig. 5.10. 
 
 
 
Fig. 5.10 Patient-table vibration measured with an eye tracking system showing strong oscillations 
while applying diffusion-weighted gradients along the x-direction, whereas the y-direction is more 
stable against the vibration. 
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5.3.1 Conclusion 
The center-out acquisition achieves DWI with an optimized TE that is independent of 
the acquisition matrix, whereas standard EPI suffers from prolonged TE, and hence an 
additional SNR penalty, with increasing resolution. A drawback is an increased susceptibility 
to image artifacts related to involuntary head motion and vibrations of the patient-table 
resulting from rapid gradient switching. Occurrence of residual vibration artifacts strongly 
depends on the direction of the diffusion-weighting gradients leading to signal loss and 
blurring. This behavior is common to all segmented DWI approaches and would strongly 
benefit from mechanical stabilization of the patient table (Gallichan et al. 2010). 
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6. 3D Center-out EPI with cylindrical encoding 
 
6.1 Introduction 
Motivation to develop the novel pulse sequence in three dimensions is to combine the 
same intrinsic advantage of DEPICTING and the feature of radial encoding. 2D DEPICTING 
sequence offers some advantages of higher SNR even in high spatial resolutions due to ultra 
short TE independent of matrix size, less signal voids and sharp point-spread function (PSF). 
In radial encoding, undersampling capability and less susceptibility to motion and flow 
artifacts are significant advantages. All these features are adapted in the proposed imaging 
method. The proposed 3D variant of DEPICTING is named as “3D center-out EPI with 
cylindrical encoding” (3D coEPI).  
 
In the introduced imaging method, center-out trajectories of half-sampled EPI planes 
after volume-selective or slab selective excitation are acquired which are rotated in k-space 
about the central line in read direction (e.g. positive z-axis) by varying the direction of the 
EPI phase blips from shot to shot. Image quality can be improved by inherent manifold 
oversampling of the central k-space line which serves as a navigator for correcting 
intersegment phase and intensity discontinuities among shots. The oversampling would 
additionally mitigate residual effects from motion. Short echo-train length offered by center-
out acquisitions achieves less 𝑇𝑇2∗ decay and high bandwidth per pixel in phase encoding. 
Apart from SNR gain due to ultra-short TE, varying flip angles of the excitation pulses in 
consecutive acquisitions might also improve the resulting PSF besides an optimized SNR. 
However, flip angle of the RF pulse was set to Ernst angle throughout the measurement.  
 
DEPICTING imaging technique uses traditional Cartesian encoding and therefore 
avoids regridding step prior to 2D fast Fourier transform. On the other hand, 3D center-out 
EPI with cylindrical encoding which comprises k-space trajectories of 2D non-Cartesian and 
1D Cartesian sampling produces 3D k-space raw data of non-uniform sampling density 
(spokes closer together at the origin than at the edge of k-space). 2D radial data need to 
undergo density compensation and regridding prior to FFT. 
 
For the employed radial encoding of the kx-ky-plane, blurring is an issue that results loss 
of resolution when spins are off-resonance rather than geometric shifts and distortions. 
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Nonetheless, geometrical distortions need to be corrected in 3D center-out EPI by an extra 
field map scan extracting B0 information. Artifact related to geometrical distortion depends 
on sampling strategy. For comparision with non-center-out trajectories, a cylindrical 3D EPI 
variant (RAZER) was chosen instead of the hybrid 3D EPI with Cartesian sampling. The 
motivation of using the center-out radial encoding technique is to provide high SNR as 
compared to the non center-out radial encoding and the FT method.  
 
 For the viable application, cylindrically-encoded 3D center-out EPI is exploited for 
anatomical imaging where spokes are measured under steady-state conditions. The method is 
also tested for the consistent stability in repetitive measurements. Furthermore, such ultra-
short echo time based acquisition method may also have potential applications to image teeth 
joints, bones, liver, heart and other significant organs which have reasonable short relaxation 
times.     
 
6.2 Methods and materials 
6.2.1 Pulse sequence design 
  3D center-out EPI with cylindrical encoding is proposed as a combined method of 
Cartesian and non-Cartesian sampling enabling ultra-short echo time. The proposed method 
encodes a cylindrical volume in 3D k-space with a stack of 2D radial sampling in kx-ky-plane 
but Fourier sampling in kz-axis. Acquisitions of multiple center-out EPI half-planes are 
performed while the phase-blip gradients are rotated. As referred to the Fig. 6.1, an EPI half-
plane (i.e. spoke) is sampled with a phase-blip gradient (Gblip) that forms a spoke angle θ with 
the x-axis following slab-selective excitation RF pulse of flip angle α set to the Ernst angle 
and a prephasing gradient lobe along readout in z-axis. For the variant presented in the Fig. 
6.1, slab selection and rephasing gradients are placed along the read-dimension. Alternatively, 
by nulling the amplitude of these gradients, volume selective RF pulse of short duration (≤ 
200 μs) can also be excited in order to shorten TE. Considering N × N matrix as a size of 
final image, radial steps of Nrs = N/2 are acquired without phase prephase gradient in order to 
encode lines starting from the center of k-space. All spokes thus share one common line 
through the center of k-space along the kz-axis. Spoiler gradients are simultaneously applied 
to all orthogonal directions after the readout but before the next slab or volume selective 
excitation RF pulse in order to destroy all residual signals in transverse plane. So, phase 
dispersion due to the spoiling gradients gets increased in all three directions such that all 
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remaining magnetization is spoiled while exciting the next RF pulse. Eventually, the 
acquisition of half-sampled EPI planes is performed within a loop in which θ is incremented 
in the angular step for each spoke selected from the total number of spokes Nspokes.  
 
 
 
Fig. 6.1 Schematic pulse sequence diagram of the 3D center-out EPI with cylindrical encoding (left) 
and its corresponding k-space trajectories (right). For simplicity, some elements of the pulse sequence 
are not shown, e.g. volume selective fat saturation RF pulse between spoiling gradients before each 
excitation RF pulse, sufficient dummy loop prior to template and data acquisition, and finally a 
template scan of a single spoke with null amplitude of phase-blip gradients (in order to correct 
Nyquist ghost artifact) before the imaging acquisition. 
 
Prior to the actual image acquisition, sufficient numbers of dummy scans are performed 
without any data acquisitions to drive the system into the steady-state. Similar to EPI, this 
novel method is also susceptible to phase differences between odd and even echoes which 
eventually lead to Nyquist ghosting artifacts (N/2 ghost). To correct such artifacts, an extra 
template scan is run with null amplitude of Gblip. These pre-scans of dummy and template are 
embedded to the base sequence. It is importantly noted that volume selective fat saturation 
pulse between spoiling gradients is played out before each of the slab or volume selective RF 
pulse in order to suppress the fat signal.    
 
Three examples of radial sampling are demonstrated with different acquisition order of 
spokes in the Fig. 6.2. Linear radial acquisition of spokes (left) is applied with the regular 
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increment of spoke angle in angular step. Such linear acquisition can be further optimized 
with the reversed order (middle) or the segmented radial acquisition scheme (right) where 
spokes of different colors correspond to different segments in k-space. For instance, spokes 
referred to black, red, blue and further consecutive colors are recorded in the first, second, 
third and further consecutive segments, respectively. In this way, complete data of all spokes 
from all segments are acquired.   
 
 
 
Fig. 6.2 Three examples of radial encoding with different acquisition order of spokes. K-space 
sampling of spokes in linear order (left), reversed order (middle) and spokes from different segments 
of k-space denoted by different colors (right). 
 
As compared to linear radial sampling, pseudo-random or the segmented sampling of 
spokes can be less prone to motion artifacts. Mitigation of motion artifacts with the latter 
ordering scheme is thus possible even in sliding window reconstruction. 
 
6.2.2 Estimation of radial views 
 Maximum k-space radial arm (kmax) from the center of k-space is given by the number 
of radial steps Nrs multiplied by its radial sampling interval (Δkrs) as shown in the Fig. 6.3. 
Equal spacing between radial samples and Cartesian grids �i. e.𝛥𝛥𝑘𝑘𝑟𝑟𝑠𝑠 = 𝛥𝛥𝑘𝑘 =  1𝑅𝑅𝐹𝐹𝐹𝐹� doesn’t 
lose any information during regridding process if sufficient number of spokes is chosen 
considering Nyquist criterion. Keeping the same FOV, kmax is derived with consideration of 
phase encoding lines in the final Cartesian acquisition (i.e. N = 2Nrs). 
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 𝑘𝑘𝑟𝑟𝑝𝑝𝑥𝑥 = 𝑁𝑁𝑟𝑟𝑠𝑠𝛥𝛥𝑘𝑘𝑟𝑟𝑠𝑠 =  𝑁𝑁𝑟𝑟𝑠𝑠𝐹𝐹𝐹𝐹𝐹𝐹 = 𝑁𝑁2𝐹𝐹𝐹𝐹𝐹𝐹 (6.1) 
  
Where, spatial resolution Δx given by the equation (6.1) is 1
2𝑝𝑝𝑚𝑚𝑚𝑚𝑥𝑥
 . As shown in the Fig. 
6.3, the distance between spokes at the edge of k-space is determined by fulfilling the Nyquist 
criterion between neighboring grid points. So, it is described by: 
 𝑘𝑘𝑟𝑟𝑝𝑝𝑥𝑥𝜃𝜃 = 𝛥𝛥𝑘𝑘 = 1𝐹𝐹𝐹𝐹𝐹𝐹𝑝𝑝𝛿𝛿𝛿𝛿 (6.2) 
 
Where, FOVeff is an effective FOV. Insertion of angular resolution of the radial 
acquisition given by 2𝜋𝜋
𝑁𝑁𝑒𝑒𝑠𝑠𝑠𝑠𝑠𝑠𝑒𝑒𝑒𝑒
 yields:  
 𝑘𝑘𝑟𝑟𝑝𝑝𝑥𝑥 =  𝑁𝑁𝑠𝑠𝑝𝑝𝑠𝑠𝑝𝑝𝑝𝑝𝑠𝑠2𝜋𝜋 𝐹𝐹𝐹𝐹𝐹𝐹𝑝𝑝𝛿𝛿𝛿𝛿  (6.3)  
 
Comparing equations (6.1) and (6.3), the relation between final image resolution and 
the number of spokes essential to fulfill the Nyquist criterion is finally explained by: 
 
 𝑁𝑁𝑠𝑠𝑝𝑝𝑠𝑠𝑝𝑝𝑝𝑝𝑠𝑠 = 𝜋𝜋 𝑁𝑁 (6.4) 
 
 
If radial encoding is undersampled by the factor of 2, kmax θ becomes larger than Δkrs, 
and the number of spokes is however given by Nspokes = πN/2.   
 
  
Fig. 6.3 Radial k-space data of each spoke are 
encoded along a radial arm with uniformly 
spaced samples starting from the center of k-
space to kmax. After regridding radial data onto 
Cartesian grids avoiding the loss of data, 
spacing intervals Δk and Δkrs need to be 
equaled selecting the total number of spokes 
under Nyquist condition. 
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6.2.3 Measurement time compared between 3D coEPI and hybrid EPI 
It is worthwhile to compare measurement time between the 3D coEPI and the full 
Fourier 3D hybrid EPI under various conditions. 
 
Excluding fat saturation and excitation pulses, measurement time of 3D coEPI (TcoEPI) 
is calculated from TR multiplied with number of spokes if the sampling condition is fulfilled 
by satisfying the Nyquist criterion even at the edge of k-space. 
 
 𝑇𝑇𝑟𝑟𝑠𝑠𝐸𝐸𝑐𝑐𝑐𝑐 ≈ 2𝜋𝜋 𝑁𝑁𝑟𝑟𝑠𝑠2 .𝑁𝑁𝑥𝑥.𝛥𝛥𝑡𝑡𝑑𝑑 =  𝜋𝜋2  𝑁𝑁𝑦𝑦2.𝑁𝑁𝑥𝑥 .𝛥𝛥𝑡𝑡𝑑𝑑  (6.5) 
 
For the full-sampling of k-space data as used by the 3D coEPI method, 2Nrs equivalents 
number of phase encoding lines Ny in 3D hybrid EPI of Fourier-based Cartesian sampling, 
and its measurement time (TEPI) is thus given by: 
 
 𝑇𝑇𝐸𝐸𝑐𝑐𝑐𝑐 ≈ 𝑁𝑁𝑦𝑦2.𝑁𝑁𝑥𝑥.𝛥𝛥𝑡𝑡𝑑𝑑 (6.6) 
 
If 3D coEPI is overly encoded, it takes about 57 % longer scan time as compared to full 
Fourier 3D hybrid EPI for the same spatial resolution. However, undersampling in the 3D 
coEPI is empirically acceptable to shorten the scan time with little loss of SNR. For the 
undersampling factor of 2, measurement time of the proposed method can be about 22 % 
faster than 3D hybrid EPI. Apart from parallel imaging technique, measurement time of the 
proposed method can be massively reduced with application of sparse sampling (Lustig et al. 
2007).  
 
6.2.4 Off-center correction 
Time delay (i.e. clock-shift) or mismatch between analog-to-digital converter (ADC) 
and numerical clock oscillator (NCO) do not cause artifacts as long as slabs through the 
isocenter are selected. Such time delay issues change image phase with in-plane FOV shifts. 
 
In an off-center measurement of the radial acquisition as shown in the Fig. 6.4, the in-
plane off-center-shift is realized by frequency and phase shifts on each radial spoke. 
Frequency (𝑓𝑓𝑝𝑝𝑑𝑑𝑟𝑟) and phase (𝜙𝜙𝑝𝑝𝑑𝑑𝑟𝑟) of each ADC event is calculated according to:  
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𝑓𝑓𝑝𝑝𝑑𝑑𝑟𝑟 = 𝛾𝛾.𝐺𝐺𝑥𝑥.𝛥𝛥𝑟𝑟𝑠𝑠 
𝜙𝜙𝑝𝑝𝑑𝑑𝑟𝑟 = −360.𝑓𝑓𝑝𝑝𝑑𝑑𝑟𝑟. 𝑡𝑡𝑝𝑝𝑑𝑑𝑟𝑟.𝑘𝑘𝑟𝑟 . 10−6 
 
And, 𝜙𝜙𝑝𝑝𝑑𝑑𝑟𝑟 is incremented with: 
∆𝜙𝜙𝑝𝑝𝑑𝑑𝑟𝑟 = 360. cos(𝛿𝛿𝜃𝜃 − 𝜃𝜃). ∆𝑟𝑟𝐹𝐹𝐹𝐹𝐹𝐹𝑦𝑦 . 𝑆𝑆𝑦𝑦 
(6.7) 
                                                             
Where, 𝛥𝛥𝑟𝑟𝑠𝑠 is slice offcenter readout, and kc is relative ADC center column that is 
equal to 0.5. And, 𝑡𝑡𝑝𝑝𝑑𝑑𝑟𝑟 is the ADC duration. Offcenter ∆𝑟𝑟  calculated from �∆𝑝𝑝𝑝𝑝2 + ∆3𝐷𝐷2   is 
used to calculate the incremented phase of each ADC event for offcenter FOV in phase 
encoding direction. 𝑆𝑆𝑦𝑦 is a current phase encoding line. 
 
  
 
 
6.2.5 Image reconstruction 
Phase correction, Cartesian regridding and multi-frequency correction are three major 
steps of the image reconstruction procedure. The offline image reconstruction was done using 
in-house software based on C++. The uncombined k-space raw data in TWIX format was 
used as input. The following reconstruction procedure was applied to every channel 
separately before combining the resulting single-channel images using the sum-of-squares 
method. The embedded template spoke acquired with null phase blips was used to correct for 
Nyquist ghosting artifacts caused by susceptibility to phase differences between odd and even 
echoes. Correction of Nyquist ghosting was performed in hybrid space after fast Fourier 
transform in the read direction (Schmitt and Goertler 1992). The phase correction of all 
spokes of a volume was performed based on a linear fit of the unwrapped phase differences 
between adjacent template lines. The resulting fit parameters were then used to apply a 
Fig. 6.4 Center of the FOV is shifted in the off-
center measurements. Thus, the receiver 
frequency and phase are calculated and set for 
each angular increment (𝜃𝜃). Δpe and Δ3D are slice 
off-center phase and slice off-center phase in 3D. 
A shift angle 𝛿𝛿𝜃𝜃 = tan−1 �∆pe
∆3D
� is then 
calculated, and the ADC phase is set according 
to the difference of tilt angle of phase blip 
gradient and the shift angle. 
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phase-correction to all pairs of adjacent lines within the spoke. In this way, the template 
spoke was used to correct all the remaining spokes of the current volume. Nyquist-corrected 
3D k-space data were eventually yielded after performing an inverse FFT. The phase 
differences of all k-space center lines were optionally used to correct for inter-spoke phase 
errors and intensity discontinuities.  
 
Following the phase correction, data in the x-y plane were resampled onto an N×N 
uniform Cartesian grid. It is noted that the number of radial phase encoding steps in 3D 
coEPI was N/2. The regridding implementation is based on O’Sullivan’s description 
(O'sullivan 1985) and similar to the Matlab (MathWorks, Natick, MA, USA) implementation 
by Hargreaves and Beatty (Hargreaves and Beatty 2015). Variable parameters concerning 
convolution with a Kaiser-Bessel kernel were optimized (Beatty et al. 2005). 2D FFT was 
then performed in the x-y plane followed by the multiplication with an apodization correction 
function (Beatty et al. 2005, Sedarat and Nishimura 2000) to suppress sidelobes generated 
during convolution. 
  
To correct for off-resonance effects due to static field inhomogeneity and tissue-
induced susceptibility variations, a multi-frequency approach was used (Man et al. 1997, 
Noll et al. 1991,  Noll 1991). Based on a separately acquired and reconstructed B0 map with 
the same geometry and resolution, the range of off-resonance frequencies was segmented into 
a number of discrete, equally spaced frequencies, which could be further adjusted with an 
optional factor. For Nrs = 80 in the high resolution, the factor of 10 was empirically found as 
an acceptable level of spatial distortion. The gridding procedure mentioned above was 
subsequently performed for each of the selected frequencies. Voxels of each reconstructed 
image possessing the correct frequency identical to B0 values were selected to form the final 
image. To account for the increasing performance requirements in case of higher spatial 
resolutions and more frequencies, the combined gridding and multi-frequency part of the 
reconstruction was fully parallelized.  
 
Especially at higher spatial resolutions, image quality heavily depends on the accuracy 
of the field map. However, the offline reconstruction corrects artifacts caused by a long-term 
linear drift of the magnetic field (Fig. 6.9). For the magnetic drift correction, phases of all 
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acquired central k-space lines for each repetition were averaged to calculate the corrected 
frequency offset for the field map used during the multi-frequency step.  
 
As compared to the conventional gridding method, the non-uniform fast Fourier 
transform algorithm using min-max interpolation (Fessler and Sutton 2003) was also tested 
for comparing the image quality. Overly dense points near the k-space center were corrected 
by a density-compensation function based on the iterative method (Pipe and Menon 1999). 
In addition, distortions induced by field inhomogeneities were corrected based on the fast and 
iterative image reconstruction (Sutton et al. 2003).  
 
6.2.6 Anatomical imaging experiments 
The 3D center-out EPI with cylindrical encoding was implemented in IDEA that is a 
tool of the Siemens AG. All measurements were carried out on 3T MRI scanner (TIM Trio, 
Siemens, Erlangen, Germany). In order to enhance SNR, the Siemens 32-channel head coil 
was used throughout the measurements. Prior to in-vivo measurements, sequences of radial 
and diameter based k-space sampling schemes were tested and compared on a structural 
water phantom. Then, healthy volunteers were scanned, and k-space raw data were recorded 
for further offline image reconstruction process. In the proposed method, in-vivo data of 
variable spatial resolutions were acquired with radial phase encoding steps Nrs set to N/2 = 
[32, 48, 64, 80]. N/2 points in the readout dimension of z-axis are taken under FOVz/2 = 96 
mm. Nspokes was derived from either π Nrs (undersampling factor of 2) or 2π Nrs (fully-
sampled). For comparative analysis, the cylindrical 3D EPI sequence (RAZER) was 
measured with Nspokes of either π/4 N (undersampling factor of 2) or π/2 N (full-sampling) and 
N/2 points in the phase encoding of z-axis. So, FOV in z-dimension was shrunk to 96 mm in 
the both methods. All spokes were divided into 16 segments. Reconstructed images bear a 
final matrix size of N × N × N/2 under FOVs of 192 × 192 × 96 mm3 yielding isotropic 
nominal resolution of [3, 2, 1.5, 1.2] mm, respectively. Other imaging parameters depending 
on spatial resolution were: TR = 45–130 ms, TE = 1.8–2 ms in 3D coEPI, TE = 15-56 ms in 
the cylindrical 3D EPI, bandwidth per pixel = 2694–1116 Hz/pixel. Flip angle α was set to 
the Ernst angle. Slab was selected along the readout axis by a sinc-shaped RF pulse of 800 μs 
length, and the delay for the slab-rephase gradient was 600 μs. Gradient switching mode was 
set to “normal”. The number of dummy loops prior to acquisition of template and imaging 
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scan data was 150. Sagittal and axial slab geometries were selected to measure 3D coEPI and 
the cylindrical 3D EPI, respectively.  
 
3D coEPI with cylindrical encoding suffers from blurring and spatial phase shift 
resulting multiple contours in image due to the rotation of phase blips in x- and y-axis. B0 
inhomogeneity and susceptibility effects generally depend on patient, therefore, the field map 
scan is essential to measure in a separate 3D multi-echo FLASH for characterizing the off-
resonance frequencies. Field map was acquired with 10-24 bipolar gradient echoes. The 
readout gradient in the field map scan was placed along the z-axis (i.e. sagittal orientation), 
and same slab geometry as in 3D coEPI was taken. Other significant protocol parameters 
such as bandwidth per pixel and spatial resolution were taken identical to those of 3D coEPI 
and the cylindrical 3D EPI. The B0 offset in each voxel was obtained from a linear fit to the 
unwrapped phases of all unipolar acquired echo images.  
 
By following empirically tested procedure for the measurement, multiple 3D shimming 
and frequency adjustment were initially applied to multi-frequency field map measurement. 
After the field map scan was completed with the optimized values of the shimming and the 
basic frequency, 3D shim volume was copied from the preceding field map scan to the 
following the cylindrical 3D EPI and 3D coEPI imaging experiments. In addition, frequency 
was adjusted prior to all imaging scans. Same procedure was separately applied to all 
different spatial resolutions. Indeed, orientation of the field map was made identical to the 
reconstructed images of the both methods. 
 
6.3 Results and Discussions 
6.3.1 Anatomical imaging 
 Using the 3D center-out EPI with cylindrical encoding, healthy young volunteers were 
measured for various resolutions from 3 × 3 × 3 mm3 to 1.2 × 1.2 × 1.2 mm3 as shown in the 
Fig. 6.5. Signal in the center of k-space independent of the matrix size is the basic feature of 
DEPICTING (Hetzer et al. 2011). Likewise, the introduced method as a 3D variant also 
preserves the same property that all images were acquired at almost the same TE of about 2 
ms.  
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Fig. 6.5 In-vivo images of a healthy volunteer using 3D center-out EPI are shown from the same 
measurement session for the various isotropic voxel dimensions of 27, 8, 3.375 and 1.728 mm3 from 
the top to down, respectively. Axial, coronal and sagittal views of the method were acquired from the 
left to right. 
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Effect due to phase error induced by slight differences in resonant frequency was less in 
low resolved images of 3D center-out EPI with cylindrical encoding because there was lack 
of time to build up phase errors in such low resolved center-out EPI method. The Fig. 6.6 
demonstrates an illustration to correct an artifact of ring-like geometric distortions in off-
resonance regions occurred with the 3D center-out EPI. Such artifacts are mainly caused by 
the rotation of phase blip gradients that induce phase distribution of the spins varying in x and 
y dimensions tremendously whereas the effect along the slab-direction (z) encoded by readout 
gradients is negligible. Additionally, signal drop-out is also resulted from the local 
susceptibility gradients at tissue boundaries. All these artifacts were effectively corrected 
with the information from additionally acquired field map scan and the multi-frequency 
image reconstruction approach (Noll et al. 1991, Man et al. 1997). 
 
 
 
Fig. 6.6 An example of correcting geometric distortions. By extracting B0 information from the 
separately acquired field map (left), multiple contours due to geometric distortions in off-resonance 
regions as indicated with the red arrow are corrected in k-space, and the corrected image is shown in 
the red frame. As a reference, an image of 3D FLASH is depicted in the right. 
  
 Significant protocol parameters as inserted in the Table 3 were used during whole 
anatomical imaging of human brain. In the proposed method, TR can be shortened further by 
shrinking FOV in z-axis (i.e. read dimension) to 96 mm with the data acquisition of only half 
readout points. Likewise, the cylindrical 3D EPI was also measured by shrinking FOV in 
phase dimension (i.e. z-axis) to 96 mm with only half number of phase encoding steps. 
Therefore, same TR and flip angle were used in the both methods for fair comparison.  
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Table 3 Protocol parameters used for 3D coEPI and the cylindrical 3D EPI measurements.  
Resolution 
(mm3 or μl) 
Nrs = N/2 Nspokes BW 
[Hz/pixel] 
Flip angle 
[º] 
TEcoEPI 
[ms] 
TEEPI 
[ms] 
TR 
[ms] 
27 32 192 2694 15 1.8 15 45 
8 48 288 1796 20 1.9 26 70 
3.375 64 384 1346 25 2.0 40 100 
1.728 80 480 1116 30 2.0 56 130 
 
The k-space center signal in the steady-state as derived from the Bloch equation fulfills: 
 
  𝑆𝑆 ∝ 𝑀𝑀𝑠𝑠𝑠𝑠. 𝑐𝑐𝑠𝑠𝑠𝑠 𝛼𝛼 . 𝑒𝑒𝑒𝑒𝑒𝑒−𝑇𝑇𝑇𝑇𝑇𝑇2∗   Where,  𝑀𝑀𝑠𝑠𝑠𝑠 = 1 – 𝐸𝐸11 – 𝑟𝑟𝑠𝑠𝑠𝑠 𝛼𝛼 . 𝐸𝐸1  with  𝐸𝐸1 = 𝑒𝑒𝑒𝑒𝑒𝑒− 𝑇𝑇𝑇𝑇𝑇𝑇1  (6.8) 
 
 Mss is denoted as the longitudinal magnetization in steady-state. The equation (6.8) 
assumes that no residual transverse magnetization survives from the preceding shot by using 
appropriate spoiler gradients after the acquisitions. In the Fig. 6.7, it is clearly shown that the 
simulation of the k-space center signal using the equation (6.8) closely follows the measured 
course based on the acquisition parameters in the Table 3. The increased k-space center 
signal over the increasing matrix size is observed mainly due to the consequence of the 
prolonged TR and the enlarged flip angle.  
 
 
 
 
Fig. 6.7 Signal of the measured k-
space center represented by solid 
line is plotted against Nrs. The 
measured signal is well compared to 
the broken line corresponding to the 
simulated k-space center signal in 
steady-state based on the equation 
(6.8), the values of Table 3, T1 = 
1000 ms and 𝑇𝑇2∗= 50 ms. 
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In an isotropic resolution of 1.5 mm, experimental data of the both methods were 
recorded with the half-sampled radial views for 30 repetitions. Signal stability maps in voxel-
by-voxel were then analyzed to evaluate the coefficient of variation. As compared to 3D 
coEPI, time-course fluctuations were increased by more than factor of 2 in white matter (e.g. 
corpus callosum) using cylindrical 3D EPI. While imaging a healthy volunteer in the high 
spatial resolution on 3T MRI scanner, frequency drift of more than 10 Hz was empirically 
found. Hence, linear frequency drift over the several repetitions for each channel was 
estimated from the phase shift of the k-space center lines of all spokes as shown in the Fig. 
6.8.   
 
 
 
Fig. 6.8 Linear frequency drift over 20 repetitions estimated for four channels as an example from the 
phase shift of the k-space center line acquired with each spoke. 
 
The image quality will degrade if the field map information does not fully correspond 
to the time of image acquisition. Fig. 6.9 shows 3D center-out EPI images which were taken 
from a time series recorded during an ongoing drift of the magnetic field. The rise in blurring 
of images acquired at a later time is clearly visible. Drift correction of the magnetic field was 
done with the average phase of the central k-space line of each repetition. The phase 
evolution of the central k-space lines allows tracking of long-term drifts of the magnetic field. 
In the Fig. 6.9, the field map used for reconstruction was corrected in each repetition by the 
measured magnetic field offset, and the blurring of images acquired in subsequent repetitions 
could be removed effectively. In addition, the coefficients of variation over the whole time 
series were significantly smaller when the magnetic field drift correction was applied as 
shown in the Fig. 6.9. After correcting drift of the magnetic field, it is noted that 3D coEPI 
method is more consistent and stable over the long measurement period of multiple 
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repetitions, and images containing minimum physiological and thermal noises are 
reproducible with acceptable image quality.  
 
 
Fig. 6.9 (a) 3D center-out EPI images acquired during an ongoing drift of the magnetic field by about 
10 Hz in the measurement time of 10:40 min. (b) Same images as in the top (a) with the 
implementation of magnetic field drift correction are shown. On the right side of each row, maps of 
the coefficient of variation (CV) are demonstrated. CV is evaluated from the ratio of temporal 
percentage standard deviation of the voxel time series to its mean. 
 
We conclude that the most critical issue of the proposed 3D center-out EPI technique 
especially in high spatial resolutions is the requirement to measure a high-quality field map 
under identical conditions such as center frequency, shim status, resolution etc. in a 
reasonable time. A field map of lower-resolution interpolated on to the desired image matrix 
reduces the scan time but might not recover the fine structure of the images correctly. A long-
term perspective making the acquisition of a field map obsolete could be to use a series of 
frequency-modulated base images, and to create a composite deblurred image by selecting 
region-specific voxel values that fulfill optimization criterion (Noll et al. 1992). 
 
 As an inherent feature of 3D coEPI method, huge amount of k-space sampled data are 
produced especially when it is measured with full-sampling in high spatial resolution for high 
number of repetitions. Reducing the number of spokes results in undersampling of the outer 
k-space regions which might, however, be acceptable in certain cases for the sake of a 
shortened acquisition time. So as to improve the temporal resolution and reduce the data size 
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by a reasonable factor, number of spokes was tremendously lessened. Such angular 
undersampled imaging can be tested till it yields an acceptable image quality without 
streaking artifacts with a bit of signal loss. Images of various sampling factors are 
demonstrated in the Fig. 6.10. Visual inspection and evaluation of the signal-to-noise ratio 
(graph in Fig. 6.10) suggest that the undersampling factor of 2 or even 3 still represents a 
reasonable compromise between scan time and image quality. The limit might be expansible 
to even higher undersampling factors which have been achieved for gradient-echo radial 
imaging by the use of parallel acquisition techniques combined with modern reconstruction 
strategies (Block et al. 2007). Likewise, the motion correction of single segment of radial 
MRI data might become feasible (Vaillant et al. 2014). 
   
 
 
Fig. 6.10 Anatomical images of the 3D center-out EPI method in the isotropic voxel size of 1.2 mm 
are compared to one another for different udersampling factors of 8, 4, 3, 2 and 1 (fully-sampled). In 
order to achieve this, the number of spokes used in the experiments was 64, 128, 160, 240 and 480, 
respectively. Plot of the SNR versus the various numbers of spokes is also shown. SNR was evaluated 
by the ratio of mean signal to the signal variations inside a region of interest as indicated in the 
Corpus callosum.  
 
 Most generally, SNR depends on Larmor frequency, efficiency of RF coil, nuclei 
polarizability, k-space trajectories, 𝑇𝑇1 and 𝑇𝑇2 relaxation weighting. Radial sampling and the 
Fourier transform (FT) based Cartesian encoding technique can theoretically be compared to 
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one another for signal gain. Signal ratio of radial encoding to FT method is given by (Glover 
and Pauly 1996): 
 𝑆𝑆𝑁𝑁𝑅𝑅𝑟𝑟𝑚𝑚𝑟𝑟𝑟𝑟𝑚𝑚𝑟𝑟
𝑆𝑆𝑁𝑁𝑅𝑅𝐹𝐹𝑇𝑇
 = �
3𝑁𝑁𝑒𝑒𝑠𝑠𝑠𝑠𝑠𝑠𝑒𝑒𝑒𝑒
8𝑁𝑁𝑦𝑦
 (6.9) 
 
In case of center-out radial encoding, we need Ny = N/2 and Nspokes = 2πNy. In 
accordance with the equation (6.9), radial technique gains 53.5 % more signal than FT 
method. On the other hand, we require Nspokes = πN/2 for diameter-based radial encoding 
method, and signal gain is just 8.54 % more than FT method. Obviously, the center-out radial 
encoding provides high SNR as compared to the non center-out radial encoding and the FT 
method. 
 
Signal ratio of 3D coEPI to the cylindrical 3D EPI (e.g. TURBINE, RAZER) can also 
be estimated for different matrix sizes. Unlike the cylindrical 3D EPI method, amplitude of k-
space central line is almost independent of matrix size in 3D coEPI method. Keeping some 
experimental parameters such as TR, flip angle and 𝑇𝑇1 same in the both methods, signal gain 
mainly depends on TE. Signal ratio of 3D coEPI to cylindrical 3D EPI (i.e.𝑆𝑆𝑐𝑐𝑠𝑠𝑇𝑇𝑐𝑐𝑐𝑐
𝑆𝑆𝑇𝑇𝑐𝑐𝑐𝑐
) is thus 
determined by the difference in TE values obtained for a variable number of phase encoding 
lines (Ny).           
    𝑆𝑆𝑐𝑐𝑠𝑠𝑇𝑇𝑐𝑐𝑐𝑐
𝑆𝑆𝑇𝑇𝑐𝑐𝑐𝑐
=  𝑒𝑒𝑒𝑒𝑒𝑒𝑇𝑇𝑒𝑒𝑒𝑒  2 𝑇𝑇2∗  (𝑁𝑁𝑦𝑦−1)  (6.10) 
 
Using the equation (6.10), simulated signal plots of the 3D coEPI and the cylindrical 
3D EPI were drawn for the same and different TR as shown in the Fig. 6.11. In the same TR, 
SNR of the 3D coEPI is inevitably independent of matrix-size whereas cylindrical 3D EPI 
substantially suffers from the signal loss due to the prolonged TE in the extension of Ny. If TR 
is lengthened for the variable Ny, SNR of the 3D coEPI keeps on increasing as compared to 
the cylindrical 3D EPI. 
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Fig. 6.11 3D coEPI and cylindrical 3D EPI were simulated for theoretical signals accumulating from 
the magnetization in the transversal plane. Signals in the center of k-space as a function of the echo-
train length are compared between two sequences with the same TR of 130 ms (left) and variable TR 
of 45-130 ms (right). Importantly, T1 = 1330 ms, 𝑇𝑇2∗= 45 ms and flip angle set to the Ernst angle were 
used for the simulation.  
 
Using the equation (6.10), theoretical signal ratio of 3D coEPI to the cylindrical 3D 
EPI was simulated in variable Ny with 𝑇𝑇2∗ of 45 ms for white matter and 60 ms for gray matter 
as shown in the Fig. 6.12. The same echo spacing Tes of 1 ms was assumed in both methods. 
The results for variable Ny (Fig. 6.12) indicate that the signal gain can easily exceed 100 % 
even in case of moderate image matrices. It is to note that the signal gain may increase even 
more at high field (7T) due to shorter 𝑇𝑇2∗. 
 
 
Fig. 6.12 Signal gain of 3D 
coEPI over the cylindrical 3D 
EPI [i.e. 100 × (ScoEPI - SEPI) / 
SEPI] in variable phase encoding 
lines was simulated for white 
and gray matter using  𝑇𝑇2∗ of 45 
ms and 60 ms, respectively.   
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Brain images of a healthy volunteer from all three slice orientations (sagittal, coronal 
and axial) were acquired from the same session using 3D coEPI and the cylindrical 3D EPI 
for variable spatial resolutions (Fig. 6.13). As already mentioned, SNR of 3D coEPI images 
is nearly constant independent of spatial resolution. On the contrary, the signal attenuation 
enhances in the cylindrical 3D EPI images due to the prolonged echo time with respect to the 
increasing resolution. However, evaluation of SNR in the cylindrical 3D EPI images is 
complicated due to the presence of severe artifacts. Specifically in higher spatial resolution, 
cylindrical 3D EPI method suffers from more artifacts related to geometrical distortions and 
phase errors. Hence, signal gain of 3D coEPI over cylindrical 3D EPI was not shown from 
the measured data. From a visual inspection in the Fig. 6.13, it is obvious that signal gain of 
the 3D coEPI is certainly high.  
 
Loss of signal intensity occurs due to spin dephasing across a voxel. This dephasing is 
the result of susceptibility gradients and increases with the measurement of higher resolution. 
Cylindrical 3D EPI images contain more background noise due to long TE even though both 
methods use same TR and flip angle. 
 
 
 
Fig. 6.13  In-vivo images of a healthy volunteer acquired using 3D coEPI (top) and the cylindrical 3D 
EPI (bottom) methods are compared in the isotropic resolutions of 2 × 2 × 2 mm3 (left) and 1.2 × 
1.2 × 1.2 mm3 (right), respectively. 
 
6.3.2 Point spread function  
In general, the point spread function (PSF) depends on the number of spokes and gridding 
method applied to cylindrical trajectories. PSF has a central impulse response as well as no 
artifact region, and its diameter or radial arm is determined by the angular sampling density 
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(Scheffler and Hennig 1998). Aliasing artifacts appear outside the reconstructed FOV if full 
Nyquist angular sampling is used (Bernstein et al. 2004). On the other hand, if angular 
sampling density is reduced, PSF artifact-free radius gets reduced with the amount of 
undersampling factor from the reconstructed FOV. The FOVeff is defined by the radius of the 
alias-free PSF. FOVeff derived from the equations (6.1) and (6.3) is:  
 
 𝐹𝐹𝐹𝐹𝐹𝐹𝑝𝑝𝛿𝛿𝛿𝛿 = 𝑁𝑁𝑆𝑆𝑝𝑝𝑠𝑠𝑝𝑝𝑝𝑝𝑠𝑠𝐹𝐹𝐹𝐹𝐹𝐹2𝜋𝜋𝑁𝑁𝑟𝑟𝑠𝑠  (6.11) 
 
A point is to be noted that spatial resolution independent of NSpokes relies on kmax; 
therefore, the same resolution is maintained in both full and half sampling of k-space. An 
undersampled projection reconstruction image of PSF in the image domain has a well 
reconstructed region where artifacts due to the point object are negligible within a limit to the 
reduction of projections (Peters et al. 2000). 
 
3D coEPI uses half number of phase blips in each radial arm as compared to 3D hybrid 
EPI method. As a result, width of k-space PSF is supposed to get reduced in phase encoding 
direction. Referring to the equations 15 and 16 of the DEPICTING paper (Hetzer et al. 
2011), the PSF is narrower by a factor of √3 in DEPICTING relative to the conventional full-
Fourier EPI method. A similar behavior can be expected if 3D coEPI is compared with 
cylindrical 3D EPI. However, due to the rotating phase-blip gradient, the sensitivity to B0 
inhomogeneity and corresponding image distortions are more pronounced in 3D coEPI, 
therefore, multi-frequency corrections to the measured data are required in order to remove 
this drawback. 
 
6.4 Conclusion 
  For fast imaging of the human brain, 3D center-out EPI with cylindrical encoding is a 
novel imaging method of unique k-space trajectories. The proposed 3D coEPI method 
combines the advantages of the Cartesian encoding and the radial encoding such as high SNR, 
less motion and flow artifacts. 3D coEPI also adapts some features of 2D DEPICTING 
sequence. In 3D coEPI, FOV in z-dimension was shrunk to 96 mm requiring even shorter 
readout steps that could enlarge bandwidth. In addition, the method enables undersampling of 
angular views by the factors of 2 to 3 maintaining image quality almost similar to fully-
sampled image without streaking artifacts but with a penalty of minimum signal loss. Apart 
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from improving the temporal resolution, the measurement time was substantially shortened, 
and less k-space raw data were provided for offline image reconstruction to make 
computation fast. Nonetheless, a separate filed map scan was required to correct the ring-like 
distortions caused by the rotating phase-blip gradients in the presence of a B0 inhomogeneity. 
Further, drift correction of the magnetic field was implemented with the average phase of the 
central k-space line in each repetition. Eventually, 3D coEPI was compared to the cylindrical 
3D EPI (RAZER) method on the basis of the simulated and experimental results. 
Consequently, high SNR and better image quality were found in the 3D coEPI than in the 
cylindrical 3D EPI.  
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7. Perfusion MRI using ASL techniques 
 
Perfusion relates to the delivery of oxygen and nutrients to the tissue through arteries 
and to carry away metabolic by-products into the veins. The perfusion measurement by MR 
methods is generally done either with the injection of gadolinium based contrast agent as a 
tracer or with electromagnetically labeled inflowing arterial blood water as an endogenous 
label. Unlike dynamic susceptibility contrast (DSC) method, arterial spin labeling (ASL) 
excludes all sorts of exogenous intravascular contrast agents, and is obviously beneficial to 
use without any hazard from side effects. 
 
7.1 Arterial spin labeling 
 
 
 
Fig. 7.1 Schematic representation of the basic principle of ASL. Arterial blood water is labeled and 
moves into the imaging plane or volume after a short delay. Tagged magnetization is then exchanged 
with the magnetization of the static tissue of interest, and experiences 𝑇𝑇1 decay. Labeled image is 
subtracted from the control image to yield a difference image with intensity proportional to the 
cerebral blood flow or perfusion. 
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The basic principle of ASL is presented in Fig. 7.1. Arterial blood water is magnetically 
labeled on the neck by inverting the magnetization of the inflowing blood at a labeling plane. 
After a transit time delay, inverted arterial blood magnetization exchanges with the tissue 
magnetization and alerts the signal of the image. Labeled arterial blood water is thereby 
considered to be a freely diffusible tracer. The analogous experiment is repeated in a control 
condition which assures the same degree of off-resonance irradiation without spin inversion 
in order to cancel out magnetization transfer (MT) effects. The perfusion weighted image is 
finally obtained by subtraction of the control from the labeled image. However, due to the 
small volume fraction of blood vessels compared to tissue in the human brain (3–5%), ASL 
techniques have an intrinsically low SNR (Günther et al. 2005). In addition, motion during 
the measurements may lead to some errors. Such issues regarding less SNR and motion 
effects may be overcome by the proposed 3D coEPI imaging technique.  
 
Continuous arterial spin labeling (CASL) (Alsop and Detre 1998, Detre and Alsop 
1999) and pulsed arterial spin labeling (PASL) (Wong et al. 1997) are two conventional 
methods in ASL. In the last decade, pseudo-continuous arterial spin labeling (pCASL) 
(Garcia et al. 2005)  as intermediate method has become the preferred choice due to its easy 
applicability, a high sensitivity and an intrinsically lower MT effect. Velocity-selective ASL 
(Wong et al. 2006) is an alternative variant to tag arterial blood water which is capable of 
reducing errors caused by a large spread of transit time delays within the imaging region. 
  
 Some important physiological parameters useful to neurovascular diseases are 
estimated in ASL. Perfusion or cerebral blood flow (CBF) is defined as the steady-state 
delivery rate of blood to the tissue capillary bed, and measured in ml/min/100g. Cerebral 
blood volume (CBV) is the amount of blood in tissue measured in ml/100g. Mean transit time 
(MTT) is defined as the average time needed for a tracer to reach the tissue of interest, and its 
unit is ms or s. Bolus arrival time (BAT) or arterial transit time (ATT) is defined as time 
taken by bolus to reach the intravascular compartment of the imaging region. 
    
7.1.1 Continuous arterial spin labeling 
 Continuous ASL is implemented by inverting blood water protons with flow-driven 
adiabatic inversion method which is achieved by applying a constant magnetic field gradient 
and a constant long RF pulse at a frequency determined by the inversion plane (Detre and 
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Alsop 1999). Magnetic field gradient is applied in the direction of arterial blood water flow 
such that its spins flow through the gradient. RF pulse and gradient amplitude define the 
location of labeling plane and thereby generate effective 𝐵𝐵1 field �𝑠𝑠. 𝑒𝑒.  𝐵𝐵𝑝𝑝𝛿𝛿𝛿𝛿 = 𝐵𝐵1 + 𝛥𝛥𝐵𝐵𝑍𝑍�. 
Change in longitudinal magnetic field occurs due to blood flow, and 𝐵𝐵𝑝𝑝𝛿𝛿𝛿𝛿 starts rotating from 
+z to -z. Consequently, magnetization precesses around 𝐵𝐵𝑝𝑝𝛿𝛿𝛿𝛿 as shown in the Fig. 7.2, and it 
is then inverted. 
 
 
Fig. 7.2 (left) Schematic representation of the velocity driven adiabatic spin inversion used for CASL. 
At the constant radiofrequency field B1 induced from the RF coil, blood flows with velocity (v) along 
the direction of a magnetic field gradient. A condition for adiabatic fast passage must be satisfied for 
blood magnetization to follow the Beff until its complete inversion. Spins of the blood flow are on-
resonance at the center of the inversion slice or slab. (right) Depiction of the process how 
magnetization precesses around the effective field during the adiabatic fast passage. 
 
 For blood magnetization to follow the effective magnetic field till its complete 
inversion, the condition for adiabatic fast passage has to be fulfilled. In other word, spins 
invert with the net magnetic field from the positive z-axis to the negative z-axis if the 
frequency sweep is significantly slower than the precession due to the B1 field, but faster than 
T2 decay. This phenomenon is referred to as ‘‘spin locking’’ (Hernandez‐Garcia et al. 
2007).  The condition for spin locking is:  
                                                                                           
 
1
𝑇𝑇2
 ≪ 𝐺𝐺. 𝑣𝑣
𝐵𝐵1
≪ 𝛾𝛾𝐵𝐵1 (7.1) 
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 In CASL, long train of continuous RF pulse is used for 1 s to 3 s. Labeling efficiency in 
CASL depends on B0 homogeneity. Bolus duration is not only well defined in CASL but 
longer labeled bolus width is also possible comparing to PASL. Higher signal in CASL is 
achieved due to long bolus. However, CASL method is affected from more SAR and 
magnetization transfer effects as compared to PASL.  
 
7.1.2 Pseudo-continuous arterial spin labeling 
 Pseudo-continuous ASL has become the recommended choice for non-invasive 
perfusion measurements in the human brain. pCASL combines the advantages of both CASL 
(higher SNR) and PASL (easier implementation of the control condition for MT cancellation). 
pCASL is a robust ASL method which is compatible with the hardware of modern MR 
scanners. Another advantage of pCASL compared to CASL is the intrinsic reduction of the 
magnetization transfer effect by employing higher labeling gradients. 
 
 The method is implemented with flow driven adiabatic inversion strategy by rotating 
steady state direction of magnetization gradually along the rotated effective field where the 
repeated selective RF pulses are employed instead of continuous RF pulses. The z 
magnetization for the steady-state solution is given by (Garcia et al. 2005). 
 
 𝑀𝑀𝑧𝑧 =  ±𝑀𝑀0 𝑐𝑐𝑠𝑠𝑠𝑠 𝛼𝛼 𝑐𝑐𝑠𝑠𝑠𝑠 𝜙𝜙2
�(1 − 𝑐𝑐𝑜𝑜𝑐𝑐 𝛼𝛼)2 +  𝑐𝑐𝑠𝑠𝑠𝑠2 𝛼𝛼 𝑐𝑐𝑠𝑠𝑠𝑠2  𝜙𝜙2  (7.2) 
 
Where, 𝜙𝜙 is phase shift experienced during the time between pulses. In the unbalanced 
pCASL method (Garcia et al. 2005), a gradient between two consecutive RF pulses is non-
zero in the labeling condition and zero in the control condition. On the other hand, the 
balanced pCASL (Wong et al. 2007, Wu et al. 2007) employs similar train of RF pulses as 
used in the unbalanced method, but labeling and control conditions share the identical 
gradient waveforms with a residual net moment per cycle.  
 
The series of RF pulses and gradients in a balanced pCASL experiment is shown in the 
Fig. 7.3. A train of selective Hanning-shaped RF pulses are applied at equal spacing. In the 
control condition, 180° phase shift by alternating the polarity of the consecutive RF pulses is 
maintained. Likewise, average B1 of RF pulses (B1ave) also becomes zero. On the other hand, 
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some imbalance is added in the gradients for position dependent phase shift in the labeling 
condition. Average gradient (Gave) applied between each pair of RF pulses over the time has 
to be compared to the value used for continuous flow driven adiabatic inversion, and B1ave 
over the same time is compared to the continuous condition. Frequency and phase shifts are 
given by γ Gmax Δz Δt and γ Gave Δz Δt, respectively (Dai et al. 2008). Eventually, the 
averaged RF power and the magnetization transfer effects are checked and matched in both 
control and labeling conditions. Aliased labeling planes are suppressed as long as the 
condition �𝐺𝐺𝑚𝑚𝑚𝑚𝑥𝑥
𝐺𝐺𝑚𝑚𝑎𝑎𝑒𝑒
 ≫  ∆𝑑𝑑
𝛿𝛿
 � is met (Dai et al. 2008). Where, Δt and δ are the spacing between the 
consecutive RF pulses and the duration of a RF pulse, respectively.    
 
 
 
 
Fig. 7.3 Schematic representation of pseudo-continuous ASL scheme based on the balanced gradient 
method. The method consists of a train of Hanning RF pulses having same polarity in the labeling 
condition (a) and alternated polarity in the control condition (b). 
 
7.2 True 3D cine imaging 
 In order to achieve a true 3D cine imaging approach from the original 3D coEPI 
readout for bolus tracking measurements, a segmented radial sampling scheme was employed 
for improving the temporal resolution of the cine imaging variant (Fig. 7.4). In the segmented 
sampling, all spokes are initially grouped into the predefined segments of k-space with proper 
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increment of spoke angle for each spoke of the corresponding segment. All segments are 
subsequently recorded in an interleaved fashion. A true cine imaging approach was finally 
obtained by observing the spokes of the same segment in succession while the process being 
under study (e.g., the bolus passage) takes place. The observation of the identical process is 
then repeated with all other remaining segments which are eventually combined in order to 
obtain full k-space data. After image reconstruction, an image frame is yielded at each 
observation time point.    
 
 
Fig. 7.4 (a) An illustration of ordering spokes shown in the segmented radial sampling with each 
segment represented by a group of spokes having same color. (b) Schematic representation of the true 
3D cine imaging. 
  
 An effective temporal resolution in this true cine imaging is defined by the time 
required to sample all spokes of a single segment, 𝑇𝑇𝑠𝑠𝑝𝑝𝑠𝑠 = �𝑁𝑁𝑒𝑒𝑠𝑠𝑠𝑠𝑠𝑠𝑒𝑒𝑒𝑒𝑁𝑁𝑒𝑒𝑒𝑒𝑠𝑠 � 𝑇𝑇𝑇𝑇 . The temporal 
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resolution is thus improved by a factor that equals the number of segments, 𝑁𝑁𝑠𝑠𝑝𝑝𝑠𝑠, without 
penalizing spatial resolution.  
 
7.3 Bolus-tracking ASL using 3D coEPI in steady-state 
 Goal of this approach was to take the advantage of the achievable short effective TR 
and the ultra-short echo time of 3D coEPI to track a short ASL bolus within the 
macrovascular compartments of the human brain. As a result, significant ASL parameters can 
be quantified and characterized.  
  
7.3.1 Methods and materials 
 A short bolus of magnetically labeled blood water flowing through the brain-feeding 
vessels is tracked by combining the novel 3D center-out EPI readout with a balanced pCASL 
labeling module (Wu et al. 2007,  Dai et al. 2008). This labeling module consists of a train 
of Hanning-shaped RF pulses (duration = 500 µs, flip angle = 22°, inter-pulse interval = 1.4 
ms). Each RF pulse is played out in combination with a labeling gradient of 9 mT/m in z-
direction. Total length of the pCASL train including short interruption of slab excitation 
pulses is defined as ASL bolus width that can freely be chosen. This width of a rectangular 
bolus of labeled blood (i.e., an ideal “arterial input function” at the labeling plane) is denoted 
by 𝜏𝜏. Ideally, the bolus duration should be shorter than the transit delay of the labeled blood 
water from the labeling plane to the inferior edge of the imaging slab. If this condition is 
satisfied, observation of the complete ASL bolus inside the whole imaging slab becomes 
possible. To reduce the cutoff of the ASL bolus, experiments with variable bolus durations 
from 222 ms to 444 ms and variable positions of the labeling slab (35-100 mm distance to the 
isocenter) were conducted such that a well-defined bolus at the positions of large brain-
feeding arteries can be expected. 
 
The average values of the labeling magnetic field and the labeling gradient over the 
total pCASL train were 2.1 μT and 0.6 mT/m, respectively. The frequency offset of the RF 
pulses was adjusted so that spins were on-resonance at a desired labeling plane which, as an 
example, was chosen slightly inferior to the cerebellum (Alsop et al. 2015). After each RF 
pulse, a gradient of opposite polarity with a zeroth moment of 85% of that of the labeling 
gradient was applied to mostly but not absolutely rewind the phase of the tipped 
magnetization. Pulse phases within the RF pulse train were increased according to the 
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residual gradient moment to maintain the phase relation between the tipped magnetization 
and the RF magnetic field. For each odd RF pulse in the control condition, an additional 180º 
offset was added to the RF pulse phase. The nominal phase increment between RF pulses was 
corrected by an additional phase increment in order to account for variations of the local 
magnetic field at the labeling plane (Luh et al. 2013).  
 
The correction offset was obtained from a standard 2D EPI scan which was acquired 
and evaluated prior to the bolus-tracking experiments. In this scan, 21 control/label pairs 
were acquired while the additional phase was incremented from –π to π. The value ensuring 
the maximum signal difference between control and label condition was used later as the 
correction offset in the bolus-tracking experiments.  
 
True 3D cine imaging was adapted by inserting an interrupted pCASL bolus 
immediately before the observation period of each segment of 3D k-space (Fig. 7.5). Each 
segment was measured twice for the labeling and the control condition. Slab-selective 
excitation RF pulse of small flip angle was inserted prior to each of control and label blocks 
 
 
Fig. 7.5 Schematic of ASL bolus tracking technique using true 3D cine imaging. An interrupted 
pCASL module in control and label conditions is run prior to the repeated observation period of each 
segment of the 3D center-out EPI readout where k-space is updated with spokes of the same segment 
(denoted by same color). Slab-selective excitation of the imaging slab is inserted to maintain the 
steady-state of the static tissue during each ASL bolus. Volume selective fat saturation pulse between 
appropriate bipolar spoiler gradients (not shown in the figure for simplicity) was played out prior to 
the slab-selective excitation RF pulse during the readout part only but not during pCASL module. 
However, same TR is maintained in both parts. 
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to maintain the steady-state of the static tissue during each ASL bolus. By doing this, no 
temporal gap was introduced during the overall course of acquisition. Thus, no preparing 
pulses were required to drive the imaging slab back to steady-state. After ASL bolus 
termination in either the control or the labeling condition bearing the same measurement time, 
k-space is updated with similar segments as depicted in the Fig. 7.5 over the observation 
period of about 3 s in order to observe the passage of the ASL bolus into the brain. Imaging 
parameters were chosen in such a way that sufficient penetration depth of the ASL bolus with 
flip angle (α) of 4o or 8o could be achieved along with abundant signal intensity due to ultra-
short TE of 1.2 ms in the 3D center-out EPI readout. In the imaging scheme, slab selection 
gradients are placed along the readout in the physical z-axis. Where, z-dimension was shrunk 
to the excitation width of 96 mm. By acquiring only 32 readout points (BW = 3256 Hz/pixel) 
and 32 phase-encoding steps, a short TR of 37 ms was achieved including the duration of a 
non-selective fat-saturation module before each slab selection. The whole bolus tracking 
arterial spin labeling (btASL) experiment was measured in a moderate spatial resolution of 3 × 3 × 3 mm3. Indeed, the time resolution of the bolus tracking ASL experiment is given by 
the total number of spokes divided by the number of acquired segments multiplied by TR. 
Therefore, temporal resolution needs to be optimized for tracking the fast passage of ASL 
bolus. So, the total k-space of 96 spokes using undersampling factor of 2 was divided into 
variable segments such as 16, 32 and 48 resulting 6, 3 and 2 spokes per segment. So, various 
temporal resolutions of 222, 111 and 74 ms were accomplished depending on Nseg. The total 
updates or the number of acquisitions of the same segment (𝑁𝑁𝑝𝑝𝑟𝑟𝑎𝑎 ) were 14 or 27 or 54 
corresponding to an observation period of about 3 s. 
 
In order to get complete k-space data of control and label conditions, time-resolved data 
from all segments of k-space were recorded subsequently with a corresponding pCASL 
module played out prior to the repeated observation period of each segment of 3D k-space. 
The data of all segments of either the control or the labeling condition were then combined at 
each single time point of observation. Finally, images of the control and the labeling 
condition were subtracted to produce the time-resolved position-dependent ASL difference 
images from which dynamic features of the ASL bolus were extracted. 
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7.3.2 Evaluation of ASL bolus tracking 
Raw data of all segments acquired in either ‘label’ or ‘control’ condition were 
separately combined to yield a total k-space for each time point and reconstructed as 
described above. The time-dependent image volumes were then spatially smoothed using a 
3D Gaussian filter (3 mm full width at half maximum, FWHM) and ‘control’ images were 
subtracted from the corresponding ‘label’ image to obtain a series of difference images with 
intensities 𝑆𝑆𝐿𝐿−𝐶𝐶,𝐽𝐽(𝑠𝑠), where 𝑗𝑗 denotes a specific pixel (or a region of interest, ROI) and 𝑠𝑠 the 
repetition (1 ≤ 𝑠𝑠 ≤ 𝑁𝑁𝑟𝑟𝑐𝑐𝑞𝑞). Note that the pCASL preparation leads to a negative signal change 
in voxels affected by the bolus passage (i.e., the ‘brain response curve’ is characterized by a 
signal minimum). For a more compact notation, the index 𝑗𝑗 is henceforth omitted. 
 
Quantitative characterization of the ASL bolus was based on in-house software written in 
IDL 8.1 (EXELIS Visual Information Solutions, Boulder, CO, USA). Consistent with 
previous evaluations of bolus dispersion (Madsen 1992) a gamma variate function, 
 
 ℎ(𝑡𝑡𝑠𝑠) = ∆𝑆𝑆. (𝑡𝑡𝑠𝑠)σ. exp [σ(1 − 𝑡𝑡𝑠𝑠)] 𝑆𝑆𝑠𝑠𝑡𝑡ℎ 𝑡𝑡𝑠𝑠 = 𝑡𝑡 − 𝑡𝑡0𝑡𝑡𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝 − 𝑡𝑡0  (7.3) 
 
was employed as an empirical model function, where 𝑡𝑡0 is the bolus arrival time, 𝑡𝑡𝑒𝑒𝑒𝑒𝑟𝑟𝑘𝑘 is the 
time at which ℎ(𝑡𝑡𝑐𝑐) is at maximum, and 𝜎𝜎 is a shape parameter. The independent variable, 𝑡𝑡, 
denotes time and is obtained from the repetition index, 𝑠𝑠, of the time series as 𝑡𝑡 = (𝑠𝑠−1)∙𝑇𝑇𝑐𝑐𝑒𝑒𝑔𝑔. 
The signal amplitude is Δ𝑆𝑆 = 𝑆𝑆𝑚𝑚𝑟𝑟𝑒𝑒 – 𝑆𝑆𝑚𝑚𝑠𝑠𝑠𝑠 and is obtained by computing the minimum and 
maximum intensities according to 𝑆𝑆𝑟𝑟𝑖𝑖𝑠𝑠 = min[𝑆𝑆𝐿𝐿−𝐶𝐶(𝑠𝑠)] 𝑟𝑟𝑠𝑠𝑑𝑑 𝑆𝑆𝑟𝑟𝑝𝑝𝑥𝑥 = mean�𝑆𝑆𝐿𝐿−𝐶𝐶�𝑠𝑠 >3𝑁𝑁𝑝𝑝𝑟𝑟𝑎𝑎/4��,  where ‘min’ and ‘mean’ denote the minimum and the mean functions, 
respectively. This base fitting function was applied to negative pCASL signal changes 
according to: 
 ℎ�(𝑡𝑡𝑠𝑠) = 𝑆𝑆𝑟𝑟𝑝𝑝𝑥𝑥 − ℎ(𝑡𝑡𝑠𝑠) (7.4) 
 
The time to peak (TTP) measured from the center of the rectangular ‘arterial input function’ 
(i.e., an ideal bolus of length 𝜏𝜏) is obtained as 
 
 ∆𝑡𝑡𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝 = 𝑡𝑡𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝 + 𝜏𝜏2 (7.5) 
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Least-squares fitting of 𝑆𝑆𝐿𝐿−C(𝑠𝑠) with 𝜎𝜎, 𝑡𝑡0 and 𝑡𝑡𝑒𝑒𝑒𝑒𝑟𝑟𝑘𝑘 as free parameters was performed 
using the IDL function MPFITFUN.PRO, which employs a Levenberg-Marquardt algorithm 
(Markwardt 2009, Markwardt 2015). The range of the fitting parameters was restricted to 𝜎𝜎 
≥ 1 and 𝑡𝑡𝑒𝑒𝑒𝑒𝑟𝑟𝑘𝑘 ≥ 0. As 𝑡𝑡 = 0 was defined as the time of the acquisition of the first segment (i.e., 
bolus generation occurred at negative times), 𝑡𝑡0 was allowed to be negative in order to fit 
truncated bolus tracking curves. The FWHM of the fitted curve, Δ𝑡𝑡1/2, was obtained by 
finding the two roots of the equation 
 
 ℎ �𝑡𝑡𝑠𝑠 + 𝑡𝑡0𝑡𝑡𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝 −  𝑡𝑡0 � − 12 .∆𝑆𝑆 ≡ 0 (7.6) 
 
using the IDL function FX_ROOT.PRO, and by taking their difference. As an estimation of 
the goodness of the fit, the standard deviation (SD) of the residuals was calculated and 
expressed as percentage of the signal amplitude, Δ𝑆𝑆. Typical values of the threshold for this 
standard error applied to the maps were 8-12 %. 
 
7.3.3 Results and discussions 
 
 
 
Measurements of  btASL were initially carried out in a structural phantom for the 
testing purpose prior to in-vivo experiments. Signal difference of zero between control and 
Fig. 7.6 Time-resolved ASL difference 
signal of control and labeling conditions (∆𝑆𝑆𝐶𝐶−𝐿𝐿) in two positions inside the 
anterior cerebral artery. Number of image 
frames was recorded at each observation 
time point in temporal resolution of 222 
ms after the termination of ASL bolus. 
(A) Raw image as an example acquired 
during the labeling condition. (B) ASL 
difference image of control and labeling 
conditions acquired in 666 ms after ASL 
bolus cessation. Up and down stream 
positions of anterior cerebral artery are 
indicated by blue and red arrows. 
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label conditions was achieved as expected because there was no water flow inside the 
phantom. Several experiments were then done on healthy male and female volunteers by 
varying flip angles, bolus width and labeling distance at different temporal resolution. In the 
Fig. 7.6, time-resolved difference signals of control and labeling conditions were analyzed in 
two positions corresponding to up and down streams of the anterior carotid artery (ACA) as 
indicated by blue and red arrows. The upstream of ACA branch has higher signal and 
narrower response. On the other hand, the downstream position of the vessel appears after 
about 450 ms with lower signal and broader response.  
 
A favourable way of showing the dynamics of such bolus-tracking experiments is to 
present the time-resolved ASL difference images in the way of a movie as shown in the Fig. 
7.7 to Fig. 7.9 in which the transport of labeled blood from initial filling of the large-caliber 
arteries to subsequent dispersion in the downstream vasculature becomes clearly visible. In 
Fig. 7.7, the bolus travels along the ACA and is distributed into smaller branching arteries. 
Very fast blood transport is clearly observed which is indicated by a significant portion of the 
ACA filled with labeled blood already at the acquisition time of the first image. Hence, filling 
of the ACA with labeled blood had started during bolus generation by pCASL. Such behavior 
mainly depends on labeling distance, flip angle and ASL bolus width. Highly-contrasted ASL 
difference images in the Fig. 7.8 were acquired at the same protocol parameters (e.g. 
continued effective time steps = 111 ms, ASL bolus length = 444 ms, labeling distance = 60 
mm) as in the Fig. 7.7 except flip angle of 8º. As compared to the Fig. 7.7, almost same 
features were achieved in the Fig. 7.8 as well but with a bit of higher signal and faster blood 
transport along the passage through the ACA branch. Main object of showing ASL difference 
images in the Fig. 7.9 is to observe the feature of ASL bolus in different labeling positions. 
When the labeling distance is prolonged from 60 mm to 100 mm towards the neck, whole 
ASL bolus can be captured and has a broader response along the passage through the large 
vessel compartment. However, ASL signal over the continued time points of the observation 
period is low because of using a long labeling distance as well as a small flip angle. 
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Fig. 7.7 ASL difference images with high contrast are recorded at the continued effective time steps 
(i.e. Tseg = 111 ms) after an ASL bolus width of 444 ms. Images show a sagittal view of the medial 
brain that includes the region of the ACA territory, and these were acquired with a flip angle of 4º and 
the labeling distance of 60 mm (inferior from the magnet isocenter). 
 
 
Fig. 7.8 Highly-contrasted ASL difference images were acquired by following the same condition as 
applied in the Fig. 7.7 but measured with a different flip angle of 8º. Same labeling distance of 60 mm 
between pCASL labeling plane and magnet iso-center was also used here. 
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Fig. 7.9 ASL difference images in high contrast acquired in the same condition as in the Fig. 7.7  
were measured but in the different labeling distance of 100 mm. ASL signal intensity is low due to the 
use of small flip angle of 4º as well as long labeling distance. 
 
Bolus-tracking ASL time courses were evaluated by model-independent fitting. Three 
different regions of interest (ROI) from upstream position to downstream were drawn within 
the territory of a large brain-feeding vessel (e.g. medial carotid artery). As demonstrated in 
the Fig. 7.10, three ASL parameters which were extracted to characterize the bolus passage, 
are the shift (time-to-peak), the signal change and the full-width-at-half-maximum (FWHM). 
As expected, the ASL signal intensity continuously decays towards the downstream positions 
of the vessels with a corresponding increased values of the time-to-peak and broader values 
of FWHM.  
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Fig. 7.10 A large vessel in macrovascular compartment was selected to evaluate its ASL signal 
difference (∆𝑆𝑆𝐶𝐶−𝐿𝐿) over the observation period of 3 s. So, 3 different ROIs were drawn from the 
upstream to downstream positions of medial carotid artery branch. Consequently, ASL signal keeps 
on decaying towards the downstream position with longer shift and broader FWHM. 
 
To investigate the consistency of such experiments, parameters affecting the bolus 
shape (i.e., 𝜏𝜏 and the labeling plane position) and its attenuation by the imaging sequence 
(particularly 𝛼𝛼) were systematically varied. Results obtained from a small ROI in the left 
insular cortex are presented in Fig. 7.11. If 𝜏𝜏 is shorter than the arterial transit delay from the 
labeling plane to the inferior edge of the imaging slab, both a raising and a falling edge of the 
‘brain response curve’ are captured during the acquisition window. Hence, the signal 
response of the longer ASL bolus (𝜏𝜏 = 444 ms) appears truncated whereas the shorter bolus (𝜏𝜏 
= 222 ms) is almost entirely recorded (Fig. 7.11a; black curves). The signal amplitude is 
expected to scale with sin𝛼𝛼; consistent with the observation of nearly identical time courses 
of the two experiments with 𝜏𝜏 = 444 ms upon rescaling according to the ratio sin8°/sin4°=2.0 
(Fig. 7.11a; black solid and green dashed line). The excellent agreement of the scaled 
response curve including the tail end (i.e., at late observation times) further indicates that 
there is only subtle attenuation of the ASL bolus by the repeated RF excitation. This 
attenuation scales with (cos𝛼𝛼)𝑠𝑠𝑠𝑠, where 𝑠𝑠𝑒𝑒 is the number of excitation pulses experienced by 
the flowing blood (Okell et al. 2012).   
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With TR = 37 ms, the rate of RF excitation is approximately 27 pulses/s; hence, after an 
acquisition interval of 1 s, 77 % or  94 % of the initial longitudinal magnetization remains for 
𝛼𝛼 = 8° and 4°, respectively. Thus, with the low flip angles of the 3D coEPI readout, RF-
related signal attenuation is almost negligible even for slowly travelling blood which is the 
dominant signal source at the tail end of the ASL bolus. Besides shortening the pCASL bolus 
duration, truncation of the recorded ‘brain response curve’ can also be reduced by increasing 
the distance between the labeling plane and the imaging slab. This is demonstrated in Fig. 
7.11b, where the peak minimum appears shifted towards a later observation time with 
increased distance. Simultaneously, the FWHM of the ‘brain response curve’ increases with 
distance, which is caused by an enhanced dispersion of the arterial arrival times. Finally, the 
more intense tail obtained with the selection of a distance of 100 mm is consistent with the 
assumption of laminar flow.  
 
 
Fig. 7.11 (a) Time course of the ASL difference signal, ∆𝑆𝑆𝐿𝐿−𝐶𝐶, in insular cortex acquired immediately 
after pCASL (35 mm inferior from the magnet isocenter) with flip angle α = 8º and τ = 222 ms (black 
dash-dotted line) or 444 ms (black solid line). A corresponding time course recorded with α = 4º and τ 
= 444 ms displayed with scale factors of 1 (green solid line) and 2 (green dashed line) is also shown. 
(b) Time courses obtained in the same session with α = 8º, τ = 444 ms, and with increasing distances 
(and, hence, correspondingly increasing transit delay times) of 35 mm (black circles), 60 mm (green 
triangles) and 100 mm (black diamonds) between labeling plane and magnet isocenter. An example of 
the result from the gamma variate fit to equation (7.4) is also shown for the data acquired with 60 mm 
distance as the green solid line (all other lines only serve as guides to the eye). 
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Parameter maps of Δ𝑆𝑆, Δ𝑡𝑡𝑒𝑒𝑒𝑒𝑟𝑟𝑘𝑘, and Δ𝑡𝑡1/2 obtained from voxel-by-voxel fits of the 
‘brain response curves’ to equation (7.4) are depicted in Fig. 7.12. In particular, the region of 
the ACA ranging from the circle of Willis to the supraventricular brain is shown for different 
distances between the labeling plane and the magnet isocenter. The parameter maps reflect 
expected features of cerebral blood flow: (i) The largest signal change is observed near the 
circle of Willis with more prominent values along the ACA main branch (Fig. 7.12a and d) 
or at positions where the middle cerebral artery perforates the insular region (not shown). (ii) 
The TTP increases quite uniformly for more downstream positions of the vessels (Fig. 7.12b 
and e). This quantity, however, was truncated for voxels near the circle of Willis, because 
only the falling edge of the ‘brain response curve’ was observed in this region due to the fast 
blood transport (Okell et al. 2012). Note that Δ𝑡𝑡𝑒𝑒𝑒𝑒𝑟𝑟𝑘𝑘≥ 𝜏𝜏/2 according to equation (7.5), that is, 
the minimal TTP that can be detected (for the hypothetical case of no transit delay) is defined 
by half the duration of the pCASL module. (iii) Similar to the TTP, the FWHM increases 
along the vessels moving downstream (Fig. 7.12c and f). By comparing maps from 
experiments with different positions of the labeling plane at the same downstream positions, 
the influence of these parameters can be assessed directly. As expected, for increasing 
distance between the inferior edge of the slice package and the labeling plane, the signal 
amplitudes decrease while the TTP and FWHM increase (top and bottom rows in Fig. 7.12).  
 
 
Fig. 7.12 Color-coded maps of (a, d) the relative ASL signal change, (b, e) Δt𝑒𝑒𝑒𝑒𝑟𝑟𝑘𝑘, and (c, f) Δ𝑡𝑡1/2 from 
a ROI of the left ACA obtained by fitting the ASL difference signal from 3D coEPI bolus tracking 
experiments with τ = 444 ms, α = 8º, and distances of (a-c) 60 mm and (d-f) 100 mm between the 
labeling plane and the magnet isocenter.   
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All significant voxels of large vessel compartments were counted to plot the histogram 
of arterial transit delay for two different labeling distances of 60 mm and 100 mm from the 
magnet iso-center. In the Fig. 7.13, distance between two labeling positions (i.e. 40 mm) 
divided by the shift of 200 ms gives the velocity of supplying vessel which is 20 cm/s 
identical to theoretical value of large arterial branch. In longer labeling distance, ASL bolus 
was tracked in broader response with respect to arterial transit delay and FWHM. 
 
Fig. 7.13 Histograms of arterial transit delay (left) and bolus FWHM (right). 
 
The relation between Δ𝑡𝑡1/2 and Δ𝑡𝑡𝑒𝑒𝑒𝑒𝑟𝑟𝑘𝑘 was additionally evaluated in the ACA territory 
for three sets of acquisition parameters as shown in Fig. 7.14. For all experiments, a 
nonlinear behavior is observed; that is, the slope of Δ𝑡𝑡1/2 progressively declines with Δ𝑡𝑡𝑒𝑒𝑒𝑒𝑟𝑟𝑘𝑘. 
This behavior is well described by a logarithmic trend line (Fig. 7.14). 
 
High signal-to-noise ratio due to a very short TE offered by 3D coEPI facilitates to 
enable the tracking of short pCASL boluses. This allowed for the first time to observe the 
raising and falling edges of the boluses or, in other words, its full shape in voxels of a 3D 
imaging slab. The fitting of the obtained single-voxel bolus shapes by the gamma variate 
function is rather empirical and may not fully account for relaxation and attenuation from RF 
pulsing. To derive more specific information on the dispersion of arterial arrival times, this 
approach might be replaced by a biophysical model (Okell et al. 2012, Xu et al. 2013). 
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Previously, Mouridsen and his colleagues (Mouridsen et al. 2006) have used gamma 
variate functions to obtain a parametric representation of the residue function in dynamic 
susceptibility contrast MRI. The arterial vascular structure is self similar and follows 
Murray’s law (Henkelman et al. 1994, Turner 2002). For such conditions, the residue 
function (i.e., the fraction of labeled blood still present in the ROI) can be computed as a 
convolution chain of individual transport functions for each vessel generation (Xu et al. 
2013). While a full description is beyond the scope of our investigation, the observed 
dependence of Δ𝑡𝑡1/2 on Δt𝑒𝑒𝑒𝑒𝑟𝑟𝑘𝑘 (Fig. 7.14) indicates that the progressive broadening of the 
local arterial input function when proceeding from one vessel generation to the next is sub-
linear; that is, the additional influence of locally induced arterial dispersion decreases 
monotonically downstream. Quantitative investigation of bolus parameters in this way might 
be useful for an evaluation of dispersion models in future work. 
 
 
Fig. 7.14 Scatter plot of Δ𝑡𝑡1/2 versus Δt𝑒𝑒𝑒𝑒𝑟𝑟𝑘𝑘 from a ROI in the left ACA for three bolus-tracking 
experiments in the same subject with different parameters (orange/green/indigo dots: 35/60/100 mm 
distance between the labeling plane and the magnet isocenter; 𝜏𝜏 and α as indicated). Voxels with Δt  = 
𝜏𝜏/2 were excluded to avoid effects from bolus truncation. The solid line shows a logarithmic trend line 
of the data points of all three experiments. 
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7.3.4 Conclusion 
 In conclusion, 3D coEPI was successfully applied to the true 3D cine imaging of a short 
ASL bolus of well-defined length passing through the large vessel compartment of the brain. 
In order to achieve this, the pCASL module was embedded to the true 3D cine imaging 
readout in a way that preserved the steady state of the tissue in the 3D imaging slab. Tracking 
of the created pCASL boluses became possible with temporal resolutions in the order of 100 
ms. High signal-to-noise ratio due to a very short TE offered by 3D coEPI facilitates to 
enable the tracking of short pCASL boluses. This allowed for the first time to observe the 
raising and falling edges of the boluses. High penetration depth of the ASL bolus was 
achieved from a small flip angle of 4°. Importantly, ASL parametric maps of signal change, 
the estimated time-to-peak, and the bolus width were extracted in order to characterize the 
macrovascular compartments of the brain-feeding arteries. ASL signal intensity continuously 
decays towards the downstream position of the vessel with respect to the prolonged shift and 
broader response. Effects of flip angle and the labeling distance were found to be rather low 
as compared to ASL bolus duration. Finally, bolus dispersion within a single arterial branch 
was assessed. In this way, features of cerebral blood supply were extracted.  
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The motivation to all the proposed methods was to adapt the significant features of 
double-shot echo planar imaging with center-out trajectories and intrinsic navigation 
(DEPICTING) allowing center-out acquisitions to yield highly resolved images at ultra-short 
echo time almost independent of the spatial resolutions. Initially, two novel diffusion-
weighted imaging methods were proposed by embedding DEPICTING imaging sequence 
individually with the diffusion-weighted driven equilibrium Fourier transform (DW-DEFT) 
and the diffusion-weighted spin-echo module in order to investigate the feasibility of 
diffusion-weighted imaging (DWI) at short TE independent of image resolution. In this way, 
signal-to-noise ratio (SNR) could be improved with the proposed methods even in high 
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spatial resolution, whereas the standard twice refocused diffusion-weighted imaging 
technique suffered from SNR penalty due to the prolonged TE in the increasing resolution. 
This was successfully tested in the spherical phantoms filled with agarose gel which had T2 
value almost identical to T2 of the white matter in the human brain. However, both DW-
DEFT-DEPICTING and diffusion-weighted double-shot center-out echo planar imaging (EPI) 
have a drawback of an increased susceptibility to image artifacts concerning involuntary head 
motion and vibrations of the patient-table resulted from rapid gradient switching. Occurrence 
of residual vibration artifacts depends on the direction of the diffusion-weighting gradients 
leading to signal loss and blurring. Patient-table vibration was strongly experienced when 
applying diffusion-weighted gradients along the read and the slice directions at high b-factors 
especially in high spatial resolution. Such behavior is common to all segmented DWI 
approaches. Nevertheless, mechanical stabilization of the patient-table or prospective motion 
correction might reduce this problem and improve image quality. 
 
 For fast imaging of the human brain, 3D center-out EPI with cylindrical encoding (3D 
coEPI) was proposed as a novel imaging sequence of unique k-space trajectory based on a 
variant of 3D DEPICTING. The method comprises of Cartesian and non-Cartesian sampling 
in which a cylindrical volume in 3D k-space is encoded with a stack of 2D radial in kx-ky-
plane whereas 1D Cartesian sampling in kz-axis. Acquisitions of multiple center-out EPI half-
planes are performed while the phase-blip gradients are rotated. Specifically, field of view 
(FOV) in z-dimension was shrunk to 96 mm to shorten readout steps resulting high 
bandwidth per pixel. In addition, the method enables undersampling of projection views by 
the factors of 2 to 3 maintaining acceptable image quality without streaking artifacts but with 
minimum signal loss. Such undersampling substantially shortens the measurement time and 
provides less k-space raw data for offline image reconstruction to make computation fast. The 
image reconstruction process was begun with the correction of Nyquist ghosting artifacts 
using template data of a spoke acquired without phase blips. Nyquist ghosting was performed 
in hybrid space after fast Fourier transform (FFT) in the read direction. The phase correction 
of all spokes of a volume was performed based on a linear fit of the unwrapped phase 
differences between adjacent template lines. The data in kx-ky-plane were then resampled onto 
the desired Cartesian grids using gridding algorithm based on the modified Kaiser-Bessel 
gridding kernel. After applying FFT to the data, the reconstructed image was eventually 
multiplied with an apodization correction function to suppress sidelobes generated during 
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convolution. As a drawback, the method is prone to geometrical distortions caused by the 
rotating phase-blip gradients in the presence of a B0 inhomogeneity. However, such distortion 
artifact was corrected by extracting information from an additional 3D field map acquired 
with the identical geometry and resolution to the reconstructed image. Furthermore, drift 
correction of the magnetic field was implemented with the average phase of the central k-
space line in each repetition. The field map was thus corrected in each repetition with the 
measured magnetic field offset, and the blurring of images acquired in the subsequent 
repetitions was finally removed. On the basis of the simulated and experimental results, 3D 
coEPI was also compared to the cylindrical 3D EPI method (e.g. TURBINE, RAZER). As a 
result, high SNR and better image quality were achieved with 3D coEPI as compared to the 
cylindrical 3D EPI. Advantageously, the 3D coEPI method offers high SNR, less motion and 
less flow artifacts. 
 
 3D coEPI was successfully applied to true 3D cine imaging of a short arterial spin 
labeling (ASL) bolus of well-defined length passing through the large vessel compartment of 
the brain. This was achieved by combining pseudo-continuous arterial spin labeling (pCASL) 
module with the true 3D cine imaging readout in a way that preserved the steady state of the 
tissue in the 3D imaging slab. Tracking of the created pCASL boluses became possible with 
temporal resolutions in the order of 100 ms. High SNR due to a very short TE offered by 3D 
coEPI facilitates to enable the tracking of short pCASL boluses. This allowed for the first 
time to observe the raising and falling edges of the boluses. High penetration depth of the 
ASL bolus was achieved from a small flip angle of 4°. More importantly, parametric maps of 
ASL signal change, estimated time-to-peak and ASL bolus width were extracted in order to 
characterize the macrovascular compartments of the brain-feeding arteries. As expected, ASL 
signal intensity continuously attenuates towards the downstream position of the vessel with 
respect to the prolonged shift and broader response. Effects of flip angle and the distance 
between the inferior edge of the imaging slab and the labeling plane were found to be rather 
low as compared to ASL bolus duration. Eventually, bolus dispersion within a single arterial 
branch was assessed. In this way, features of cerebral blood supply were successfully 
extracted.  
 
 Finally, I want to end at my personal note that the 3D steady-state diffusion-weighted 
imaging using 3D coEPI readout can be another possible potential future application.  
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